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Abstract
Advances in miniature devices for biomedical applications are creating ever-
increasing requirements for their continuous, long lasting, and reliable en-
ergy supply, particularly for implanted devices. As an alternative to bulky
and cost inefficient batteries that require occasional recharging and replace-
ment, energy harvesting and wireless power delivery are receiving increased
attention. While the former is generally only suited for low-power diagnostic
microdevices, the latter has greater potential to extend the functionality to
include more energy demanding therapeutic actuation such as drug release,
implant mechanical adjustment or microsurgery.
This thesis presents a novel approach to delivering wireless power to re-
mote medical microdevices with the aim of satisfying higher energy budgets
required for therapeutic functions. The method is based on ultrasonic power
delivery, the novelty being that actuation is powered by ultrasound directly
rather than via piezoelectric conversion. The thesis describes a coupled me-
chanical system remotely excited by ultrasound and providing conversion
of acoustic energy into motion of a MEMS mechanism using a receiving
membrane coupled to a discrete oscillator. This motion is then converted
into useful stepwise actuation through oblique mechanical impact.
The problem of acoustic and mechanical impedance mismatch is ad-
dressed. Several analytical and numerical models of ultrasonic power deliv-
ery into the human body are developed. Major design challenges that have
to be solved in order to obtain acceptable performance under specified oper-
ating conditions and with minimum wave reflections are discussed. A novel
microfabrication process is described, and the resulting proof-of-concept de-
vices are successfully characterized.
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1 Introduction and
problem statement
This chapter describes the main challenges in creating miniature, safe, and
yet efficient power sources for implantable medical devices with therapeutic
functions. Existing and emerging powering techniques including batteries,
energy harvesting, wireless power delivery, and direct wireless actuation are
reviewed and compared in terms of their applicability in miniature medical
devices deeply implanted into the human body. Based on the stated require-
ments, direct wireless actuation through ultrasonic excitation is chosen as
the most suitable. To perform therapeutic functions, a stepper microactua-
tor driven remotely by ultrasonic waves is proposed. Its operating principle
is described, and the technology selection is justified. The chapter then
concludes with the overall structure of this work.
1.1 Background and motivation
Advances in micromachining technologies and in low power electronics cre-
ate ever-increasing opportunities in personal healthcare devices. These op-
portunities include new wearable and implantable medical systems for con-
tinuous and non-invasive monitoring of physiological parameters of the hu-
man body (diagnostic devices) as well as controlling and minimally-invasive
treatment of its various diseases (therapeutic devices).
The application areas of diagnostic devices range from common measure-
ments such as ECG (electrocardiogram), blood pressure, sugar level, tem-
perature, respiratory rate, and oxygen saturation [1] to others like gastroin-
testinal endoscopy, monitoring physical activity and strain in orthopaedic
devices, personal tracking, and fall detection [2]. Unlike these, therapeutic
devices are designed to interfere with the human body by supporting or
restoring the functionality of diseased parts and organs (e.g. pacemakers,
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cardiac defibrillators, drug and insulin pumps, neurostimulators etc.) or re-
placing them (e.g. cochlear and retinal implants, artificial hearts and joints,
vascular grafts etc.) [3].
Depending on the application, the requirements for implantable medical
devices vary in terms of the size, mode of operation (continuous or intermit-
tent), lifetime, and, in particular, energy supply. The latter is a key factor
for most implantable systems. Table 1.1 illustrates some of the existing and
emerging implantable medical devices along with their power requirements.
Table 1.1: Power requirements for existing and emerging implantable med-
ical devices [3–5]
Medical device Required power
Diagnostic:
Biomonitoring system <100 µW
Therapeutic:
Pacemaker 30–100 µW
Cochlear processor 200 µW
Hearing aid 100 µW–2 mW
Drug delivery pump 100 µW–2 mW
Neural recorder/stimulator 1–100 mW
Implantable mechanical actuator
(e.g. for valve/pump control)
40 mW
Retinal implant 40–250 mW
Cardioverter-defibrillator
<100 µW (standby)
5–10 W (peak)
LVAD (left ventricular assist device) 10–100 W
TAH (total artificial heart) 10–100 W
Therefore, as the functionality of devices extends from purely diagnostic
to therapeutic, the energy budgets required for their operation increase as
well. Reducing the size and increasing the implantation depth bring addi-
tional challenges in creating a power source which is safe, reliable, hermet-
ically sealable, and with predictable operation. As the operating environ-
ment (human body) restricts the device accessibility and limits the available
space, the power source should also be compact and high energy-density.
In the next chapters the problem of creating a miniature, safe, and yet
efficient power source for an implantable medical device with therapeutic
functions will be addressed. By the latter such operations as drug (or
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insulin/anesthetic) release and implant mechanical adjustment [5] are as-
sumed, where device miniaturisation and deep implantation can bring par-
ticular benefits in terms of application range, lifetime, controllability, relia-
bility, and safety. Deep implantation (e.g. up to 15 cm in the abdomen [6])
and the device dimension of no more than 10 mm [7] will be considered.
Satisfying the above mentioned power and size requirements is a challeng-
ing task. Traditional powering methods based on electrical cables are not
suitable. Direct wire connection significantly increases the risk of having
infections that can result in serious disabilities or even worse. A burden
associated with the need of penetrating the skin causes the patient dis-
comfort. In addition, providing wired energy to the sites deeply inside the
human body and near vital organs (e.g. heart) can affect the reliability of
the implanted device and raise the safety issues.
Therefore, the most appropriate way of powering an implantable medical
device is to equip it with an on-board source of electrical energy. In this case
the latter is stored in a battery, harvested from the ambient environment
or generated from an external signal. These techniques as well as promising
methods of direct wireless actuation will be discussed in more detail in the
next sections. This will allow analysing and comparing the existing and
emerging powering mechanisms in terms of their applicability in miniature
medical devices deeply implanted into the human body.
1.2 Power sources for implantable medical devices
1.2.1 Batteries
Nowadays, electrochemical batteries are the dominant source of energy for
implantable medical devices. They are commonly categorized as primary
(single-use) and secondary (rechargeable). Various battery technologies ex-
ist and more are emerging, but the most commonly used are lithium-based.
Primary lithium batteries are used in low-power or intermittent applica-
tions. Due to their high energy density (up to 1.25 W·h/cm3 [8]), safety,
and reliability these can power such implantable medical devices as cardiac
pacemakers for 10 years or more [4]. In addition, they can also be used in
drug delivery [9] and biomonitoring systems [2].
Secondary lithium batteries (e.g. Li-ion) have lower energy densities (up
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to 0.57 W·h/cm3 [10]), but are smaller and can be recharged. This makes
them usable in high-power medical devices with strict size limitations such
as LVAD (left ventricular assist device) [11], TAH (total artificial heart) [12]
or hearing aids [13]. In order to recharge the battery, these devices have
to employ additional mechanisms of on-board energy generation such as
energy harvesting or wireless power delivery that will be discussed in the
next sections.
Despite significant progress in battery technologies in the last 40 years,
their miniaturization capabilities still lag behind those of current microelec-
tronic and MEMS devices. This means that the size and the cost of the im-
plantable medical devices will likely be dominated by batteries. However,
one promising technology was developed commercially as early as 1999,
which is rechargeable thin film lithium-ion battery cell with hybrid poly-
mer electrolyte, also called plastic Li-ion [14]. Since then, several similar
concepts have emerged offering lightweight design, flexibility, and the foot-
print of less than 1 mm2. In addition, these cells have low self-discharge
and very long lifetime (>90000 charge/discharge cycles [14] vs. 1000 in
traditional Li-ion cells [15]). However, their energy density is still limited
(>800 µW·h/cm2 for a total thickness of 35–60 µm [14]) and has to be im-
proved to satisfy energy needs of therapeutic medical devices. Microscale
3D battery structures have great potential to accomplish this in the near
future [16].
As for now, depending on the application, batteries still have to be re-
placed or recharged occasionally. This inevitably reduces patient comfort
and brings additional financial and clinical burdens. To overcome these
limitations, alternative technologies are being investigated such as energy
harvesting and wireless power delivery. These provide the opportunity of
having battery-less operation and essentially perpetual power.
1.2.2 Energy harvesting
Energy harvesting (also called scavenging) is an attractive alternative to
batteries in medical implants and has received increasing research interest
in the last ten years [17,18]. It deals with extracting electrical energy from
different ambient sources such as solar radiation, air flow, heat sources, RF
fields, and various motion sources. Depending on these, different conversion
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principles are utilized in energy harvesting generators, and they will be
discussed below in more detail. The application in implantable medical
devices brings additional limitations in terms of the size and the amount of
energy available for harvesting.
It is important to note that systems powered by external dedicated sources
such as inductively coupled coils, ultrasonic transducers or RF/optical trans-
mission are not considered here as energy harvesters and will be described
separately in the next paragraph. Although the conversion principles in
these systems are the same as in energy harvesters, the way the power is
generated (for the device specifically) contravenes to what is considered
“free” ambient energy.
Motion sources
There are several motion sources inside the human body that can be uti-
lized to harvest energy. These include expansion of the chest (breathing)
and blood vessels (heartbeat) as well as motion-related everyday activities
(walking, gesturing) and active sports. To harness this energy, all the gen-
erators have to employ vibration-to-electric energy conversion.
A good example of a motion-driven energy harvester (and probably the
most successful commercially) is the Seiko Kinetic watch (Fig. 1.1) [19].
As will be discussed later, this is a hybrid electromagnetic generator; its
estimated output power lies in the range of 5–10 µW during normal everyday
activity [20].
Figure 1.1: Motion-driven electromagnetic energy harvester — Seiko Kinetic
watch [19]: wrist motion results in the rotation of the oscillat-
ing weight; the transmission gear amplifies this rotation and
transfers it to the rotor; the rotation of the latter then induces
electrical current in the coil
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Depending on the physical principle behind vibration-to-electric energy
conversion employed in motion-driven generators, these devices can be clas-
sified into electromagnetic, electrostatic, and piezoelectric [21].
Electromagnetic generators utilize the principle based on Faraday’s
law of induction: a change of magnetic flux penetrating the coil creates a
voltage across it due to the electromagnetic induction which then drives
a current in the circuit. This flux change can be induced by mechanical
motion or rotation of the circuit relative to the coil. Fig. 1.2 illustrates
three basic topologies of electromagnetic generators [20].
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Figure 1.2: Motion-driven electromagnetic generators — basic topologies
[20]: (a) rotational (driven by a continuous torque); (b) linear
(driven by forced vibrations at resonance); (c) hybrid (converts
linear forced vibrations into rotational motion)
Rotational generators are driven by continuous rotational sources (e.g.
a turbine driven by an air flow or a heat engine, Fig. 1.2 (a)) and are
similar to conventional macroscale machines. However, due to the reduced
size, microscale devices typically operate at higher speeds, which gives them
higher power densities [20].
Linear generators operate at resonance with relatively low displacements
and at lower frequencies. In their basic configuration these devices utilize
a typical mass–spring–damper system — a magnetic mass is attached to a
spring and a viscous damper and is driven by an external force, resulting in
its relative motion with respect to coils (Fig. 1.2 (b)).
Hybrid electromagnetic generators convert linear forced vibrations into
rotational motion by utilizing an eccentric (imbalanced) rotor (Fig. 1.2 (c)).
This makes such devices nonresonant; and they typically harvest vibrational
energy in a broader frequency spectrum (unlike one or several specific res-
onance modes for linear systems) [20].
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After the development of the Seiko Kinetic watch it has been experimen-
tally shown that a similar generator can be implanted in a dog and harvest
the energy of heartbeats in order to power a cardiac pacemaker (generating
80 mJ in 30 min at the heart rate of 200 beats/min, giving the output power
of 44 µW) [22].
More powerful solutions have been proposed as well, but they are nor-
mally larger. For example, a generator 35.3 cm3 in size capable of producing
up to 1.52 mW of power when excited with the acceleration of 0.2 g at the
frequency of 16 Hz has been proposed [23]. Smaller devices (3.75 cm3)
demonstrate noticeably lower performance (13.6 µW on average under the
acceleration of 1 g at 10 Hz) [24]. A miniature (0.58 cm3) generator pro-
ducing up to 2.54 mW under the acceleration of 0.6 g at 71.5 Hz has been
demonstrated as well [25]. However, this frequency is significantly larger
than those related to the human body motion (up to 5 Hz).
Therefore, building a miniature and yet efficient electromagnetic genera-
tor driven by human body motion is a challenging task with many design
trade-offs [20]. In addition, there are several issues associated with electro-
magnetic conversion at microscale: difficulties to achieve rapid flux changes,
in particular at low frequencies (lowering conversion efficiency), limited ca-
pabilities to fabricate coils with many turns (reducing output voltage), and
the need to integrate permanent magnets inside the human body (raising
long-term safety concerns) [21].
Electrostatic generators employ capacitors with mechanically variable
geometry (plate position and separation). There are two different operating
principles of these devices: constant charge and constant voltage [21]. In
the former external mechanical forces induce the voltage change across the
capacitor, while in the latter the forces induce the current through the
capacitor. This type of generators requires initial precharging (priming) for
operation, which can be avoided by using electret materials [26]. Fig. 1.3
illustrates three basic topologies of micromachined electrostatic generators
[27].
Similar to electromagnetic energy harvesters, the feasibility of using elec-
trostatic generators in powering cardiac pacemakers has been shown [28].
Driven by the left ventricular wall motion, the proposed energy harvester
could deliver up to 36 µW of electrical power. More general biomedical ap-
plications have been considered as well, and the electrostatic inertial MEMS
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Figure 1.3: Motion-driven electrostatic generators — basic micromachined
topologies [27]: (a) in-plane overlap varying (capacitance
changes by changing finger overlap area); (b) in-plane gap clos-
ing (capacitance changes by changing the gap between fingers);
(c) out-of-plane gap closing (capacitance changes by changing
the gap between the mass and support plates)
generator delivering 80 µW has been proposed [29]. The device is non-
resonant making it possible to operate in a wider frequency range.
Thanks to the advances in MEMS fabrication techniques, electrostatic
generators are very capable of miniaturization. However, the need of having
a separate energy source for their operation makes them less favourable for
implantable medical devices.
Piezoelectric generators utilize the direct piezoelectric effect, which
is the capability of some materials to produce an electric field when sub-
jected to mechanical deformations. Fig. 1.4 illustrates the most widespread
configuration of a piezoelectric generator which is based on a proof mass
suspended on a rectangular cantilever beam structure [27].
The materials commonly used in piezoelectric generators are ceramics
such as PZT (lead zirconate titanate) and electroactive polymers such as
PVDF (polyvinylidene fluoride). Although PVDF exhibits lower electrome-
chanical coupling than PZT-based materials [30], it can withstand higher
strain levels, making it more flexible and subject to less fatigue at high
frequencies [31].
Motion-driven piezoelectric generators are receiving increased research
attention nowadays [32]. A miniature (27 mm3) generator based on PZT
material and capable of generating up to 205 µW has been reported [33].
In the experiment the device was excited with the acceleration of 1.5 g at
the frequency of 154 Hz.
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Figure 1.4: Motion-driven piezoelectric generator — bimorph cantilever
structure [27]: mass motion (down) results in the structure
bending; this puts the layers in tensile (top) and compressive
(bottom) stresses, inducing a voltage drop across each of them;
these voltages add if the layers are poled in opposite directions
Another device that deserves particular attention is the one reported
in [34]. It is also PZT-based and works under relatively high frequency
excitation (4 g at 1300 Hz). The generator consist of four similar doubly
clamped resonators with non-linear dynamic response, giving significantly
wider bandwidth (>20% of the centre frequency). Being only 0.02 mm3 in
size, the proposed system could generate up to 22 µW. This gives it a power
density of 1.1 W/cm3 which is comparable to primary Li-ion batteries.
Despite miniature dimensions and high power density compared to other
piezoelectric energy harvesters [32], the application of the above mentioned
generators in implantable medical devices is questionable. This is due to
their excitation at high accelerations and frequencies, not inherent for the
human body. A system operating at lower frequencies has been reported
in [35]. Being much smaller (1.89 mm3) and working under the excitation
of 0.2 g at 76 Hz, it could generate up to 13.9 µW. However, this frequency
is still too high for the application in the human body.
On the other side, a generator producing up to 2.1 mW of power under
a more realistic (related to the human body motion) excitation of 0.3 g at
2 Hz has been reported as well [36]. However, being 125 cm3 is size makes its
application in implantable medical devices impracticable. Nevertheless, the
authors discussed the scalability of the system, indicating that with some
design effort the overall size could be reduced to 1 cm3.
Overall, all the piezoelectric generators described here are based on PZT
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ceramics. For powering implantable medical devices, lead-free materials are
highly desirable due to the toxicity of the lead. KNN (potassium sodium
niobate) is a promising solution, and energy harvesters based on it have
already been reported [37].
Magnetostrictive generators have been proposed as well [38], although
they are not as widespread as the above mentioned. These generators are
based on the Villari effect, which is the change of magnetization of a mag-
netostrictive material when subjected to mechanical deformations [38].
Heat sources
To harness the energy from thermal gradients inside the human body, ther-
moelectric generators are used. They are based on the Seebeck effect: when
two connected materials are subjected to a temperature difference, a volt-
age drop is generated across them. The basic element of such generators
is a thermocouple, as illustrated in Fig. 1.5. Semiconductor materials are
commonly used, due to their high Seebeck coefficient [39]. Due to the ab-
sence of moving parts, these generators generally offer higher compactness,
durability, and reliability than the motion-driven ones.
Figure 1.5: Thermoelectric generator — basic elements and principle of op-
eration: (a) thermocouple (a voltage drop is generated across
two materials when subjected to a thermal gradient); (b) ther-
mopile consisting of several thermocouples connected in parallel
thermally and in series electrically (voltages from thermocouples
add) (images from [17])
A thermoelectric generator powering a wristwatch has been commercial-
ized by Seiko [40]. It utilizes temperature difference between the wrist and
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the ambient environment. The maximum electrical energy that the system
could provide was 22.5 µW. This was enough not only to drive the watch,
but also to charge a battery.
The feasibility of powering a wearable pulse oximeter (measuring oxygen
content in arterial blood) with a watch-size thermoelectric generator has
been demonstrated as well [41]. The latter was capable of generating power
levels of up to 200 µW in daytime and minimum 100 µW at night (both at
22 ◦C), which was enough to energize a pulse oximeter (consuming 62 µW).
Another wearable device, an EEG (electroencephalography) system (con-
suming 0.8 mW), has been successfully powered with a headband thermo-
electric generator capable of producing 2.5 mW at 22 ◦C [41]. Finally, an
ECG (electrocardiogram) system (consuming 0.6 mW in active regime) has
been powered with a generator producing up to 1 mW at 22 ◦C [41].
Despite great performance, the above mentioned systems are not minia-
ture, hence intended primarily for medical devices that are wearable rather
than implantable. The applicability of thermoelectric generators as a power
source for implantable devices has been studied in [42]. In addition, a com-
mercially available generator with potential medical applications (cochlear
implants and nerve stimulators) is offered by Thermo Life R© [43]. Their de-
vice is 0.2 cm3 in size (smaller than a one cent US coin) and generates up
to 30 µW from a temperature difference of 5 ◦C.
However, thermal gradients inside the human body are rather limited. For
a person running at 4.25 m/s at room temperature, the maximum thermal
gradient is in the abdomen and is only 4.75 K across the 14.8 mm fat
layer [17]. At a walking pace of 1.56 m/s the latter reduces to 3.8 K.
It has been calculated that in order to produce 100 µW of power at the
gradient of 5 K, the minimum device area (using state-of-the-art Bi2Te3-
based materials) should be 1.3 cm2 under ideal conditions [44]. Since the
available gradients are typically below 5 K, thermoelectric generators have
to be optimized in order to harvest most of the energy available within the
fat layer. This is a challenging task as it requires building high-aspect-ratio
devices that span across the entire layer.
As current fabrication technologies are not fully-capable of building such
high-aspect-ratio devices [44], the efficiency of thermoelectric generators re-
main limited making them suitable mainly for low-power medical devices.
As new materials with better thermal properties emerge, and the conver-
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sion efficiency improves, devices requiring more power can potentially be
energized. To face these challenges, promising solutions based on superlat-
tices [45] and nanomaterials [46] are under development.
Biological sources
The abundant presence of oxygen and glucose within cells of nearly any
biological organism opens opportunities of creating a virtually unlimited
energy source powered by these natural reactants — a fuel cell. It generates
electrical energy through catalytic electrochemical reactions: a fuel (e.g.
glucose) is converted at the anode, while an oxidant is converted at the
cathode (oxidation/reduction reaction). As a result, ions are generated at
electrodes and then conducted through an electrolyte membrane, creating
free electrons and hence the electrical current [47].
The main difference of fuel cells compared to traditional batteries is that
the fuel is not stored inside the cell, but provided externally. Depending
on the type of the fuel, they can be broadly categorized into two types:
hydrocarbon (based on methanol, butane, iso-octane etc. fuels) and glucose-
based (biofuel). Although liquid fuels in the former have higher energy
densities than in traditional battery materials [47], these cells cannot be
used inside the human body as they are not biocompatible. Instead, glucose-
based solutions are promising in medical applications.
Glucose-based biofuel cells utilize biological catalysts to promote oxida-
tion/reduction reactions. Based on the type of these catalysts, the cells can
be further categorized as enzymatic [48], abiotic [49], and microbial. The
latter did not receive much research attention due to their lower energy
densities and safety concerns. Among the two other types there is a trade-
off between power levels and life-time: enzymatic cells provide the highest
output power (up to 430 µW/cm2 under physiological conditions [50]), but
have short lifetime (<30 days [49]), while abiotic ones are not as powerful
(up to 50 µW/cm2 in-vitro [51]), but possess excellent long-term stability
(>650 days [49]) and biocompatibility.
As for now, implantable biofuel cells are still a relatively new technol-
ogy which requires additional research effort in order to become a safe and
reliable power source for medical devices inside living organisms [52].
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Other sources
Solar radiation is an abundant source of energy, and photovoltaic power
generation has been used successfully for several decades. With power densi-
ties up to 100 mW/cm2 (outdoors, direct sun illumination) and 100 µW/cm2
(indoors, office lighting) [53] it can be a viable solution to low-power medi-
cal applications. However, the limited availability of light inside the human
body restricts the application of solar powering mainly to wearable devices.
In terms of implantable operation, one could think of subcutaneous (not
deep) or intraocular locations, where these devices could still receive enough
light or solar energy.
RF radiation is another abundant source of energy nowadays, and its
harnessing inside the human body would suffer less from the above men-
tioned problems. However, as the microwave energy has adverse effects
on biological organisms, its maximum levels are legally regulated and lim-
ited [54]. This brings power generation capabilities in a typical urban envi-
ronment (not in the vicinity of cellular base stations) to <1 µW/cm2 [53].
This results in a very limited applicability of the RF radiation energy
harvesting for driving implantable medical devices, even with low-power
biosensing functions.
Harnessing energy from the human breath has also been discussed and
shown to be theoretically feasible [55]. In this case, the outgoing air would
drive a small axial flow turbine generating electrical energy. A microma-
chined turbine with a radius of 6 mm producing up to 1 mW of power when
placed in an air flow of 30 L/min (air intake rate of an average person [55])
has been demonstrated [56]. Recently, it has been experimentally shown
that up to 3.1 µW of power can be produced by an electromagnetic gener-
ator during normal human breathing [57]. However, this approach involves
using breath masks that would introduce significant burden to a normal
user. Nevertheless, it would still be applicable for some specific applica-
tions where masks are already in place (e.g. pilots, astronauts, handlers of
hazardous materials etc.). Overall, this technique does not appear to be
feasible for implantable medical devices.
Energy harvesting techniques, as discussed above, are summarized in
Table 1.2 in terms of their capability to power implantable medical de-
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vices. For each reported solution, the maximum achievable power levels are
shown. Some generators have limited use in the human body (e.g. they are
too large, operate at high frequencies or have short lifetime), but are still
shown in the table for comparison purposes and to illustrate the potential
power levels that could be expected in the nearest future.
Table 1.2: Energy harvesting from the human body — power generation
capabilities for implantable medical devices
Generator type Ref. Performance Remarks
Motion-driven:
Electromagnetic
[22] 44 µW
[23] 1.52 mW
too large for implantable
devices
[24] 13.6 µW
[25] 2.54 mW
too high frequency for the
human body
Electrostatic
[28] 36 µW
[29] 80 µW
Piezoelectric
[33] 205 µW
too high frequency for the
[34] 22 µW
human body
[35] 13.9 µW
[36] 2.1 mW
too large for implantable
devices
Thermoelectric
[40] 22.5 µW
[41] up to 2.5 mW
too large for implantable
devices
[43] 30 µW
Biofuel-cells
[50] 430 µW/cm2 short lifetime
[51] 50 µW/cm2
Ambient light [53] 100 µW/cm2 indoors, office lighting
Ambient RF
radiation
[53] <1 µW/cm2
Human breath [57] 3.1 µW wearable devices only
As the table indicates, generating power from abundant energy sources
inside the human body such as motion, heat, and biofuel is a promising solu-
tion to replace batteries as a power source for implantable medical devices.
It is expected that the technology will further develop and more powerful
solutions will emerge. However, special care should be taken in order to
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avoid extra load on the body and hence adverse effects on the physiological
processes.
As for now, the levels of provided energy are still limited, making energy
harvesting suitable only for low-power medical devices. For more energy-
demanding applications, it can potentially complement an implanted bat-
tery module by providing on-board recharging. To completely remove bat-
teries, alternative technologies are required such as wireless power delivery
or direct wireless actuation. These will be discussed in more detail in the
next sections.
1.2.3 Wireless power delivery
Another substitute for batteries is wireless power delivery, where a receiver
instead of harvesting ambient energy is driven by a dedicated remote source
operating at one (or several) specific frequencies. This normally allows hav-
ing higher levels of generated power, so that more energy-demanding (ther-
apeutic) medical devices can benefit. Similar to energy harvesting, wireless
power delivery can be a convenient and safe way of replacing (or supple-
menting) batteries, in particular for deeply implanted medical devices.
The most well developed method of wireless power delivery is via induc-
tively coupled coils. Ultrasonic energy transfer is less widespread, but it has
received increasing research interest nowadays. These two methods as well
as other techniques such as RF radiative and light energy transmission are
presented below.
Inductively coupled coils
Inductive coupling is the most widespread and well established method
of wireless power delivery to implantable medical devices. It has been
successfully used for powering medical devices such as cochlear implants,
LVAD/TAH (left ventricular assist device / total artificial heart), and neu-
ral stimulators. Due to relatively low (compared to radiative transmission)
operating frequency (below 20 MHz) and hence the lower adverse effects on
tissue (e.g. heating), inductive coupling provides a safe and efficient method
of energy transfer to devices not deeply implanted into the human body (up
to 25 mm).
The basic principle of any inductively coupled energy transfer system is
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illustrated in Fig. 1.6. The primary coil (windings) is attached to the skin
and is driven by sinusoidal current which creates alternating magnetic flux.
This flux penetrates the turns of the implanted secondary coil, creating a
voltage across it due to electromagnetic induction which is then rectified
and provided to the load.
FIGURE 5 – The basic principles of the inductive CET system
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Figure 1.6: Basic principle of an inductively coupled energy transfer system
(image from [58])
The power transfer efficiency depends on the coupling coefficient between
coils which varies in the range of 0–1 (0 for no coupling, 1 for the best
coupling). This value is strongly dependent on the source–receiver separa-
tion and dimensions as well as the material properties of the propagation
medium. For example, the estimated values for coupling coefficient vary
in the range of 0.08–0.24 for a retinal prosthesis [59] and 0.11–0.32 for an
artificial heart [60]. Higher system efficiency is achieved when both primary
and secondary circuits are tuned to the same resonant frequency (resonant
coupling) [61, 62]. However, this brings a challenging task of coil geometry
optimization and requires considerable design effort.
Inductively coupled coils can be implemented in air-core or ferrite-core
configurations. The former is lighter which makes it more favourable for
implantable medical applications. However, air-core coils have lower in-
ductance and, therefore, reduced transfer efficiency. This restricts their
application to low-power devices only. For more energy demanding systems
(e.g. LVAD and TAH), ferrite cores are used instead.
Miura et al. developed a transcutaneous energy transfer system for a
ventricular assist device based on ferrite-core configuration [63]. Tested in
vitro, they delivered 23.5 W of power (93.4% efficiency) to a secondary coil
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at 0 mm separation, reducing to 15.5 W (79.4%) at 25 mm separation. The
primary and secondary coils were 90 mm and 70 mm in diameter respectively
(Fig. 1.7). The authors claimed the same transfer efficiency for the in vivo
experiment (when implanted into a goat).
Figure 1.7: Inductively coupled energy transfer system for a ventricular as-
sist device: (a) primary coil (90 mm in diameter); (b) secondary
coil (70 mm in diameter) (images from [63])
A hybrid coil configuration (with air-core external and ferrite-core internal
coils) has been used by Okamoto et al. for transcutaneous powering of an
implantable biventricular assist device [64]. An internal receiving module
(111 mm × 73 mm × 25 mm in size) was able to generate up to 60 W of
power (87.3% efficiency) at 5 mm separation when tested in vitro. Long-
term performance tests revealed only 5% decrease of transfer efficiency over
a period of four years.
Knowing the exact location and orientation of the receiver inside the
human body is critical, as its misalignment with the energy source can
significantly reduce the transfer efficiency [65]. Carta et al. addressed this
problem by designing a multi-coil receiver [66] consisting of three orthogonal
ferrite-core coils (Fig. 1.8 (a)). Driven by an external coil (intended to be
placed around the patient chest) at 1 MHz, it could deliver up to 400 mW to
a self-propelled and steerable endoscopic capsule (Fig. 1.8 (b)). The overall
volume of the receiving module was 1.1 cm3 (with 14 mm coils) and its
weight was 3.9 g.
One of the most attractive configurations of the coil system for power-
ing implantable medical devices is planar printed coils. Unlike traditional
wire-wound technology which requires sophisticated equipment for batch
fabrication and scaling down the dimensions, printed coils can benefit from
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Figure 1.8: Inductively coupled energy transfer system for a self-propelled
and steerable endoscopic capsule: (a) ferrite-coil receiver (14 mm
in diameter) before assembling; (b) endoscopic capsule with in-
tegrated power module (images from [66])
the use of modern lithography processes. They can be defined in single
or multiple layers on a rigid or flexible substrate, therefore offering more
flexibility in terms of geometry optimization.
Givrad et al. developed a multi-layer printed coil receiver in order to
power an implantable pump for drug delivery applications [67]. A receiving
module (40 mm × 21 mm × 8.4 mm in size) when driven through an air
gap of 16.5 cm by a transmitting coil (33 cm in diameter), could generate
up to 94 mW of power. In vivo experiments (on laboratory rats) were also
performed and revealed successful operation of the device in living subjects.
Sanni et al. proposed an inductively coupled energy transfer system to
power a subcutaneous acoustic transmitter which in turn energizes a deeply
implanted medical device [68]. The authors claim that their inductive sub-
system is capable of transmitting up to 5 W (83% efficiency) of power
through a 10 mm air gap. The source and receiver coils are 39 mm and
33 mm in diameter respectively and operate at 2 MHz.
Sawan et al. developed a monolithic (micromachined) multi-coil receiver
aimed at powering an implantable intracortical stimulator (Fig. 1.9) [69].
Driven through an air gap of 10 mm at 13.56 MHz (generic frequency for
RFID applications), the system demonstrated power efficiency of 4% in a
single-coil configuration and 18% with multiple coils (four in total). De-
spite relatively high efficiency for such small receiving coils (only 4 mm in
diameter), the experiment showed significant performance decrease at larger
separations (down to 0.5% at 20 mm).
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Figure 1.9: Inductively coupled energy transfer system for an implantable
intracortical stimulator: (a) schematic view of primary and sec-
ondary coils; (b) four micromachined secondary coils (4 mm in
diameter) (images from [69])
Analysing the performance of the above mentioned solutions, it becomes
clear that with reducing size of the receiving coil the level of delivered power
drops significantly. This gets worse as the distance between coils increases.
Therefore, for inductively coupled system, the ratio of coil size to source–
receiver separation is the key issue. The efficiency can be improved up to
a point by increasing the operating frequency, but this is limited by tissue
attenuation [70].
Jow et al. developed a model and showed that the efficiency of an in-
ductive power link strongly depends on the operating frequency [71]. With
source and receiver coils 28 mm and 20 mm in diameter respectively, sepa-
rated by 10 mm distance, the overall transfer efficiency reduced from 85.8%
at 5 MHz to 41.2% at 1 MHz. The same group later indicated that it could
further reduce (more than by a factor of two) when a real operating envi-
ronment is considered (e.g. the human body) [72]. They also showed that
the efficiency of an inductive link with a 24 mm receiving coil operating at
13.56 MHz approaches 0% at separations of 40 mm, 30 mm, and 20 mm in
air, saline, and tissue environments respectively [72].
To summarize, the inductively coupled wireless power delivery tends to
have lower efficiencies at larger distances, and as the size of the receiving
device decreases this becomes an ever greater problem. This limits its ap-
plicability in miniature medical devices (10 mm or less) deeply implanted
into the human body (25 mm or more).
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Ultrasonic energy transfer
A promising alternative to inductively coupled wireless power delivery is
via ultrasound which has been used mainly in the fields of non-destructive
testing, remote sensing, and therapy. As the ultrasound readily propagates
through structural materials such as steel, it has received particular atten-
tion in aeronautics, aerospace, gas, and power industry as a replacement
for traditional wiring techniques [73–75]. Acoustic waves, due to their lower
speed, have much smaller wavelengths than radio waves for a given fre-
quency, which means that more directional transmitters and receivers can
be achieved at reasonable sizes. For powering embedded sensors in the body
or in structures, acceptable attenuation levels can also be reached.
The basic principle of any ultrasonic energy transfer system is illustrated
in Fig. 1.10. An electrical signal (e.g. a continuous sine wave) is applied to
a transmitting transducer (typically a PZT disk) which in turn generates
acoustic waves (through reverse piezoelectric effect). These then propagate
through the medium (e.g. soft tissue, water, steel, air or any other medium
which can propagate compressional waves) toward a receiving transducer
(similar PZT disk). The latter performs inverse conversion: it generates
electrical energy from mechanical vibrations induced by incoming acoustic
waves. The receiver side contains all the electronic modules (e.g. AC/DC
voltage conversion) that are required to drive a load.
FIGURE 2 – The basic principles of an acoustic CET system. The transmitting transducer (T) and 
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Figure 1.10: Basic principle of an ultrasonic energy transfer system (T:
transmitter, R: receiver) (image from [58])
On living subjects ultrasound has been used primarily for medical imaging
(in particular, of the human body), where the acoustic power levels are usu-
ally low (except for Doppler techniques). Other medical applications include
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therapeutic treatment such as lithotripsy (destruction of kidney stones) [76],
ultrasonic surgery [77], and physiotherapy. Although these techniques are
characterized by much higher levels of power delivered to a living tissue,
they deal mainly with ultrasound–tissue interaction rather than with power
delivery itself.
More explicitly, the system of receiving acoustic waves and converting
them to useful electrical energy was proposed by Cochran et al. as early as
1985 [78]. They reported a deeply implanted fixation plate that contained a
piezoelectric element generating current when excited mechanically by ex-
ternal ultrasound. This current was then delivered to the electrodes at a
bone fracture site in order to stimulate healing or prevent non-union [79].
Using an ultrasonic transducer (with input voltages of 10–20 V at the fre-
quency of 2.25 MHz), the authors performed external excitation of piezo-
ceramic samples (5 mm × 5 mm × 0.9 mm in size) deeply implanted in
living soft tissue (near femur site of a beagle). It has been shown that the
system is able to generate direct (rectified) currents of 20 µA, providing
power output of approximately 1.5 mW/cm2.
The operating frequency of the above mentioned system is 2.25 MHz.
With acoustic velocities in living tissue from 1400–1600 m/s [80] this gives
wavelengths of 0.6–0.7 mm. With system elements of overall dimensions of
at least a few millimetres, this allows reasonably directional transmission.
This makes ultrasonic power delivery an attractive method of energizing
implanted microdevices wirelessly and many more solutions have emerged
since then [81].
Suzuki et al. reported a combined system for delivering power and data
to an implantable medical device (e.g. a cardiac pacemaker) (Fig. 1.11) [82].
The optimal operating frequency of 1 MHz was found experimentally, pro-
viding the highest output power (maximum efficiency of 20%) for piezo-
oscillators 30 mm in diameter. During the experiment the source and re-
ceiver were submerged into distilled water, with separation varying in the
range of 7–100 mm.
Philips et al. designed a peripheral nerve stimulator powered by exter-
nally applied ultrasound [83]. The piezoceramic test chips (3.5 mm in diame-
ter) were implanted inside living tissue (near the sciatic trunk of large Amer-
ican bullfrogs) and excited externally by a 6 mm transducer at 2.25 MHz.
With the output power of up to 1.5 mW/cm2 the ultrasonic system was
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Figure 1.11: System for power and data transmission to an implantable
medical device using acoustic energy transfer (image from [82])
capable of providing enough energy to perform nerve stimulation.
Later, the authors from the same research group have improved the sys-
tem further [84]. An 8 mm long capsule with a PZT receiver (1.13 mm
in diameter and 1 mm thick) was implanted inside living tissue (near the
sciatic nerve in hind limbs of a laboratory rat) and wirelessly powered by
a transducer 26 mm in diameter, emitting low-intensity acoustic waves at
1 MHz (Fig. 1.12). The prototype was able to generate currents of up to
1 mA, and the acoustic pulse intensities of 10–150 mW/cm2 were reported.
As the natural focus of the ultrasonic source was 11 cm, the authors placed a
tissue phantom on a living subject in order to avoid near-field complications.
This resulted in the overall source–receiver separation of 12 cm.
Arra et al. built and tested an ultrasonic powering system with the poten-
tial to be used in implantable applications [85]. Their acoustic link operated
in degassed water at the frequency of 840 kHz, with transducer diameters in
the range of 25–30 mm, giving efficiencies of 21–35% at transmitter–receiver
distances between 5 mm and 105 mm. With an input transmitter power of
250 mW this gives generated power in the range of 50–90 mW.
Shih et al. presented a subcutaneously implantable device which receives
energy through externally applied ultrasound [86]. It has a bulk piezoelectric
resonator packaged in a biocompatible cohesive gel (in cubic, spherical, and
irregular shapes) and incorporating an acoustic antenna which can receive
refracted waves propagating inside the package (Fig. 1.13). During the
experiment the spherical package of 5 mm radius implanted 15 mm deep
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Figure 1.12: Ultrasonically powered peripheral nerve cuff stimulator: ultra-
sound is propagating through a tissue phantom as well as a
living tissue to stimulate the sciatic nerve; the stimulator per-
formance is estimated by measuring the force of the leg muscle
contractions (image from [84])
into soft tissue (streaky pork muscular tissue) was excited externally by
an ultrasonic transducer at the frequencies in the range of 5–100 kHz. The
maximum power transmission efficiency of−47.3 dB was obtained at 35 kHz,
giving 23 nW of generated power.
Zhu et al. proposed a through-air ultrasonic power transmission system
which could potentially be used for powering biosensors [87]. It consists of an
electrostatic energy harvester with two degree-of-freedom (2-DoF) resonator
as a proof mass which is directly excited by ultrasonic waves (Fig. 1.14).
The device has two resonance peaks (at 38520 Hz and 38725 Hz) and is able
to move in arbitrary directions, increasing the bandwidth to 302 Hz (twice
that of a similar 1-DoF resonator). It has been experimentally shown that
operating in air with a source–receiver separation of 0.5 cm, the system is
able to charge a storage capacitor to 0.95 V in 15 s, indicating the energy-
conversion capability of 21.4 nW. Such a small value is attributed to a
relatively compact size of the device (1 mm × 1 mm × 25 µm).
Later, the authors from the same research group proposed a 3-DoF res-
onator [88]. It consists of four separate sub-masses suspended on flexures
that are designed to harvest the out-of-plane vibration modes in addition
to the in-plane ones. Although this allows the system to operate regardless
of its misalignment with the acoustic source, the reported generated power
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Figure 1.13: A subcutaneously implantable ultrasonically powered device
with acoustic antenna: (a) an externally located transducer
emitting acoustic waves to an implanted device; (b) propaga-
tion of acoustic waves through a tissue and gel package into a
receiving antenna; (c) design of a piezoelectric receiver (images
from [86])
Figure 1.14: Two degree-of-freedom electrostatic generator powered by ul-
trasonic waves (images from [87])
of 12.6 nW was lower than for the previously proposed 2-DoF generator.
Ozeri et al. investigated ultrasonic transcutaneous energy transfer for
wireless power delivery to implanted microdevices [89]. The authors pro-
posed a system consisting of two piezoelectric transducers 15 mm in diam-
eter and 3 mm thick with a 1.3 mm thick acoustic matching layer made
of graphite (Fig. 1.15). Experimental measurements were carried out for
soft tissue (slices of pork 5–35 mm thick) immersed in a test water tank.
Operating at the frequency of 673 kHz, the system demonstrated the over-
all power transmission efficiency of 27% (at 5 mm separation), delivering
70 mW of power to the load.
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Figure 1.15: System for ultrasonic transcutaneous energy transfer (image
from [89])
The authors analysed in detail such important design problems for maxi-
mum power transfer as selection of operating frequency, acoustic impedance
matching, circuit design for excitation of transducers, and output power con-
ditioning. They built a finite element model in order to study the pressure
intensity profile generated by a transducer and define the preferred receiver
location.
Later, the same group proposed a system based on a transmitter with
Gaussian radial distribution of an excitation voltage on its radiating sur-
face (for the suppression of undesired side lobes) [90]. The main difference
from the previous system is in the transmitter design (Fig. 1.16). It was
fabricated using the same piezoelectric material as before (PZT 15 mm in di-
ameter), but with one surface electrode divided into six concentric elements
of equal area (23 mm2). Operating at 650 kHz, the system demonstrated an
overall power transmission efficiency of 39.1% at 5 mm separation (deliver-
ing 100 mW of power to the load), reducing to 17.6% at 40 mm separation
(45 mW). This is the maximum efficiency of an ultrasonic energy transfer
system reported so far (as of June 2013).
Maleki et al. proposed an ultrasonic energy transfer system to power
an implantable micro oxygen generator (IMOG) [91]. The latter is used in
cancer treatment prior to radiation therapy to enhance its efficiency. The
authors developed a miniature 1.2 mm× 1.3 mm× 8 mm device which being
implanted 3 cm deep into soft tissue (a pork slab with 1.5 cm of skin and
subcutaneous fat) was able to generate electrical currents of up to 150 µA
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Figure 1.16: System for ultrasonic transcutaneous energy transfer with a
Gaussian shaded transmitter (image from [90])
when ultrasonically excited at 2.15 MHz (Fig. 1.17). This in turn allowed
generating up to 0.525 µL/min of oxygen through electrolytic disassociation.
Both transmitter and receiver are PZT-based, with surface areas of 52.4 cm2
and 5 mm2 respectively. The authors reported the theoretical power transfer
efficiency of around 0.1%.
Sanni et al. proposed a two-tier system combining inductively coupled
and ultrasonic energy transfer systems [68]. The former is intended to power
a subcutaneous acoustic transmitter which in turn energizes a deeply im-
planted medical device. The authors claim that their inductive subsystem
is capable of delivering 5 W of power through a 10 mm air gap with a trans-
fer efficiency of 83%. This energy is used to drive an ultrasonic transducer
(10 mm in diameter) at 200 kHz which in turn delivers up to 29 µW of power
(1% efficiency) to the same size receiver. Both transducers are submerged
into a liquid tissue phantom and separated with a distance of 70 mm.
Several more groups have proposed their solutions for ultrasonic energy
and data transfer with potential applications in implantable medical de-
vices [92–94]. All of them employ PZT-based ultrasonic transmitters and
receivers, normally in a shape of a disk.
As it is possible to see, the proposed solutions of ultrasonic energy transfer
can be broadly categorized into two types: generators for specific medical
applications (oxygen generation, nerve stimulation etc.) and general pur-
pose ones (e.g. medical application not yet defined). For those of the for-
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Figure 1.17: Implantable micro oxygen generator (IMOG) powered by ul-
trasonic energy transfer: (a) schematic of the IMOG module;
(b) schematic of the ultrasonic energy transfer system for the
IMOG powering (images from [91])
mer type, design and performance optimization is typically not considered
as soon as the specifications are met. In contrary, the authors of general
purpose solutions try to extract as much power as possible, considering
their devices for energy-demanding medical applications. At the same time,
they often omit consideration of many important factors inherent for the
application in a real environment (such as the human body).
The important factors to consider include attenuation and diffraction
losses as well as possible source–receiver misalignment effects. Those sys-
tems that have been tested in water should be studied in more realistic
environments as well, considering that the attenuation of sound in water is
much lower than in soft tissue (0.002 dB/cm·MHz vs. 0.9 dB/cm·MHz) [95].
Knowing the exact location and orientation of the ultrasonic receiver in-
side the human body is also important, as its misalignment with the energy
source can reduce the system performance or even render it nonfunctional.
Lateral shift by up to a third of source–receiver dimensions (considering
them equal) can result in up to 70% efficiency reduction [89], while angular
misalignment by as little as 5◦ can lead to more than 90% energy loss [85].
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This can be addressed by miniaturizing the receiver and, therefore, letting
it move within the main acoustic lobe of a larger source. However, if the
source itself moves or rotates (e.g. due to arbitrary patient motion), the
solution is less obvious, in particular for highly directional transmitters and
large separations.
The situation can be improved by adjusting the system operating fre-
quency; however one should bear in mind the trade-off between attenuation
and diffraction losses as well as maximum attainable source–receiver sep-
aration [89]. Another way could be to estimate the receiver location and
facilitate the source aiming. This can be done by measuring high frequency
electrical currents that are capacitively driven into tissue when a piezoelec-
tric receiver is excited by ultrasound [96]. However, this method requires
pickup electrodes on the skin and additional electronics for source control
and mapping the receiver location, making the system more complicated.
Some research groups have built and verified models of ultrasonic energy
transfer trying to account for the above mentioned effects. Cotte´ et al.
performed theoretical studies for safe and efficient ultrasonic energy transfer
to deeply implanted medical devices [6]. Their model is coupled with real
tomography data of the human body and allows accounting for various
tissues that might be located along the acoustic path (e.g. muscles, fat,
bones etc.), therefore, presenting a more realistic body geometry. The model
considers such effects as attenuation in various tissues, however, it does not
account for wave reflection and refraction. The latter can be analysed with
finite element modelling.
Wilt et al. have presented and verified a finite element model to simulate
ultrasonic energy transfer through water [97]. It allowed taking into account
such effects as multiple wave reflections as well as differences between source
and receiver dimensions. Another finite element model has been created by
Roes et al. for through-air power transmission in order to study how the
reflections affect the power transfer efficiency [98]. The authors analysed the
effect of adding horn structures that are often used for impedance matching
of different propagation mediums (e.g. in loudspeakers). The latter is a
fundamental technique for minimizing wave reflections.
To summarize, ultrasonic energy transfer provides promising results in
terms of energizing implantable medical devices with therapeutic functions.
With higher power transfer efficiencies at large separations (vs. inductive
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coupling), ultrasonic power delivery can potentially be a viable solution to
energizing miniature devices deeply implanted into the human body. How-
ever, considerable design effort is required to address the above mentioned
issues of attenuation and diffraction losses as well as misalignment effects.
Other techniques
RF radiative energy transmission employs dedicated antennas to gen-
erate and transmit electromagnetic waves into the medium. Part of this
energy is then picked up by an implanted receiving antenna which is lo-
cated in the transmitter far field region. For efficient operation, the size
of the receiver has to correspond to the wavelength of the electromagnetic
waves. For miniature medical implants (10 mm or less), this means that
the operating frequency has to be in the GHz range (30 GHz or higher). At
these frequencies the penetration depth is very limited (less than 1 cm [54]),
and the tissue absorption is high. Similar to energy harvesting, increasing
levels of transmitted power is not an option due to health and safety reg-
ulations [54]. This restricts the use of the RF radiative transmission to
low-power or data communication applications only.
Light energy transfer is another method of wireless power delivery
to implantable medical devices. It involves generating and sending opti-
cal waves to a subcutaneous receiver which converts the incoming light into
electrical energy through the photovoltaic effect. Unlike RF radiative trans-
mission, this technique is free from interference with nearby communication
systems or ambient electromagnetic fields. A method of recharging a lithium
battery of an implantable medical device through optical excitation has been
proposed by Goto et al. [99]. A photovoltaic cell array (area of 2.1 cm2)
was embedded 2 mm under the skin (of a laboratory rat) and excited by a
near-infrared irradiation charging a battery. It has been shown that 17 min
of charging is enough to power a commercial cardiac pacemaker for 24 h.
However, light energy transfer suffers from the same drawbacks as its
energy harvesting analogue. It requires the direct visibility of the light
source, which restricts its applications to subcutaneous devices only. Algora
et al. have proposed a method of increasing possible implantation depth by
using optical fibres to transmit the light from subcutaneous regions to any
part of the human body [100].
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Finally, power generation through magnetic fields has been proposed
as well [101]. Suzuki et al. have developed an implantable gearing which is
driven by an external rotating magnetic field. It has been experimentally
shown that up to 11 mW of power can be generated at the excitation fre-
quency of 16.7 Hz. The same group have also developed solutions based
on the rotor with multiple poles [102, 103]. Their latest prototype could
generate up to 6.6 W and 1 W at separations of 1 cm and 3 cm respec-
tively [103]. However, apart from having a relatively large receiver (3.6 cm
× 2.7 cm), this technique suffers from the same drawbacks as motion-driven
electromagnetic energy harvesting: the need to implant mechanical moving
parts and permanent magnets inside the human body as well as unknown
long-term effects of magnetic field exposure on the human body.
To summarise, wireless power delivery provides excellent opportunities in
terms of energizing medical devices not deeply implanted inside the human
body. Depending on the application, the diversity of proposed solutions
satisfies energy needs of a wide variety of medical devices, making them
completely battery-less or facilitating on-board battery recharging. On the
other hand, for powering miniature and deeply implanted devices, the so-
lutions discussed here have limited applicability and require considerable
design effort or further research and development.
In the next section another way of driving implantable medical devices
will be presented: direct wireless actuation. This can be used in thera-
peutic applications where only mechanical motion is required (e.g. implant
mechanical adjustment, drug release or microsurgery) [5]. Unlike energy
harvesting and wireless power delivery, direct wireless actuation does not
involve on-board generation and accumulation of electrical energy. This
simplifies the system design, makes it lighter, more reliable, and efficient, as
the energy is not converted back and forth between different domains (i.e.
mechanical to electrical and then back to mechanical for the therapeutic
actuation).
1.2.4 Direct wireless actuation
Direct wireless actuation is mostly relevant to locomotion of mobile mi-
crorobots inside the human body [104]. These are aimed at performing a
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wide variety of diagnostic and therapeutic functions, including biosensing,
drug delivery, ablation, stimulation, and many others [104]. As opposed to
implantable medical devices that remain stationary over their lifetime, mi-
crorobots are intended to travel inside the human body, and the success of
their operations strongly depends on their mobility and the ability to reach
the final destination. Many devices use traditional power sources such as
on-board batteries for propulsion (e.g. swallowable capsules [105]), however
completely battery-less locomotion is also possible. In addition to utiliz-
ing one of the above mentioned techniques to energize on-board actuators,
microrobots can also be moved through external excitation directly.
This section reviews various methods of direct wireless actuation of mobile
microrobots. These are aimed mainly at providing the propulsion capabil-
ities for the latter, so they can reach their final destination. Not all of the
described devices are intended for medical applications. Nevertheless, they
are included here as the ideas behind them present a significant interest
and can be exploited in the medical domain. Most importantly, stationary
implantable devices can potentially perform therapeutic functions through
the same actuation methods as microrobots use for their propulsion.
Magnetic fields
Methods utilizing magnetic fields for microrobot propulsion are the most
commonly reported. They include well-known techniques such as magnetic
drag forces [106], giant magnetostrictive [107] or shape memory [108] alloys,
oscillating [109,110] or rotating [111,112] magnetic fields. In addition, appli-
cation of magnetic resonance imaging (MRI) instrumentation for propulsion
of microrobots is currently under development [113].
Using oscillating or rotating magnetic fields, it is possible to create propul-
sion mechanisms that mimic the behaviour of living microorganisms (Fig. 1.18)
[104, 114]. Alternatively, microrobots can be dragged with magnetic gradi-
ents directly [106]. This allows creating passive (not self-propelling) struc-
tures that do not have any on-board actuation mechanism and, therefore,
are simpler, lighter, and more reliable.
Oscillating magnetic fields can also be used to drive more complicated
(but with more degrees of freedom) structures. Frutiger et al. designed a
resonant impact-drive microrobot which can self-propagate inside the hu-
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Figure 1.18: Locomotion of microorganisms: (a) cilia move across the flow
(power stroke) or fold near the body (recovery stroke); (b)
eukaryotic flagella create patterns like propagating waves or
circular translating movements; (c) bacterial flagella are spun
by molecular motors acting like corkscrews (images from [114])
man body under an external oscillating magnetic field (Fig. 1.19) [109]. The
robot can be rotated by changing the direction of the magnetic field.
Figure 1.19: Wireless actuation method based on oscillating magnetic field
— resonant impact-drive microrobot (1: base frame, 2: nickel
attractor, 3: nickel impact mass, 4: attractor–mass separation,
5: mass spring suspension, 6: mass–spring gap, 7: dimples):
when excited by magnetic field at resonance, the nickel mass
acquires enough amplitude to hit the attractor and transform
to it some of its momentum, resulting in a stepwise motion
(images from [109])
Nevertheless, there are several problems with magnetic-based actuation
that still have to be solved. These include the high local field gradients
required, possible interference as well as bulky external setup (coils, per-
manent magnets etc.) [115]. In addition, electromagnetic interactions de-
pend on the size of the elements and careful analysis of scaling effects is
required [116]. Fabrication of high quality microscale magnets still remains
a challenging task, although it received a lot of research interest in the last
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10 years [116]. In addition, long-term effects of permanent magnets on hu-
man tissue have to be studied. This limits the applicability of magnetically
driven systems in implantable medical devices.
Mechanical vibrations
Microrobots driven through mechanical vibrations have been proposed as
well [117, 118]. These are purely mechanical systems, that receive energy
required for their propulsion through physical contact with a vibrating sur-
face (global vibrational field). Yasuda et al. developed a microrobot which
is able to perform three distinct movements (left/right turns and a straight
advance) by selectively activating corresponding resonance modes of its legs
(Fig. 1.20) [118]. Loose contact with a vibrating surface makes the micro-
robot completely untethered and able to move freely along the surface.
Figure 1.20: Microrobot driven by global vibrational field: different direc-
tions of movement are achieved by activating resonance modes
of corresponding legs; the microrobot performs straight ad-
vance when the frequency is in the range between two reso-
nance modes of the legs (on the intersection of their frequency
responses) (images from [118])
Saitou et al. developed a similar power delivery mechanism, but for a
stepwise linear microvibromotor (Fig. 1.21) [119]. It can be used for pre-
cise positioning and assembly of discrete components on the substrate. Al-
though not intended for medical applications, it presents an example of a
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passive and simple structure (slider) which does not have any on-board actu-
ation mechanism and is driven externally (similar to magnetically dragged
structures). With a proper design this structure could theoretically have
unlimited travel range.
Figure 1.21: Linear microvibromotor driven by global vibrational field: im-
pact arms hit the slider at an oblique angle, resulting in its
stepwise motion along the flange; different directions of mo-
tion (forward/backward) are achieved by activating resonance
modes of corresponding impact arms (image from [119])
Nevertheless, the above mentioned solutions suffer from the same prob-
lem, rendering their application in implantable medical devices unclear. It
is related to the vibrating surface which always has to be in physical con-
tact with the microrobot in order to drive it. Being much larger than the
microrobot and still energized through electrical cables, the base cannot be
implanted inside the human body, as it would introduce a burden associated
with the need of penetrating the skin with wires and, therefore, causing the
patient discomfort.
In addition, providing wired energy to the sites deeply inside the human
body and near vital organs (e.g. heart) could affect the performance and
reliability of the implanted system significantly as well as raise safety issues.
It is also unclear how the microrobot would move along the surface, being
implanted (submerged) inside the human body. The system in Fig. 1.21
could use a modified flange that would not let the slider to fall off the
surface.
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Saito et al. proposed an alternative method of wireless actuation through
mechanical vibrations which is based on ultrasound [120]. By exciting a
specially designed conical-shape passive receiver with ultrasonic waves, it is
possible to force it to follow the acoustic beam due to the radiation force ap-
plied to its surface (Fig. 1.22). Therefore, the global vibrational field which
drives the receiver is purely wireless and can be created by an ultrasonic
transducer attached to the skin.
substrate
foot
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FR = FL
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acoustic axis
acoustic waves
conical
receiver
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Figure 1.22: Direct wireless actuation through ultrasonic excitation [120]:
(a) transducer acoustic axis aligned with the receiver centre
— no net motion; (b) transducer moves to the right — higher
force induced on the right side; (c) receiver follows the acoustic
beam to equal the forces — net motion = ∆X (FL: left force,
FR: right force)
However, the system still has major drawbacks: the receiver always has
to stand on the substrate supported by its three feet. Without proper
mechanism of preventing the device from falling over or detaching from
the surface, its applicability in implantable medical devices is questionable.
More importantly, as the aligning force is weak, the device needs to be in
air, and its efficient operation in more viscous medium (e.g. soft tissue) is
doubtable.
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Other techniques
Methods of direct wireless actuation based on light excitation have been re-
ported as well. The most common are systems employing the photothermal
effect [121,122]. The actuation is produced through the thermal expansion
of materials (e.g. bimorphs) heated by their photoexcitation (e.g. with a
laser). Steering of these photo-thermo-mechanical systems has been dis-
cussed as well [123]. It can be accomplished by selective irradiation of mi-
crorobot legs through a system of lenses and filters. By switching the light
source between two distinct wavelengths, one group of legs can be activated
while the other one will remain inactive (since its corresponding lens is not
transparent at this wavelength).
Another method of light-excited actuation is based on the photostric-
tion effect. This effect can be briefly described as the combination of the
photovoltaic and the piezoelectric effects. The incoming light is turned
into electricity which in turn induces mechanical strain and hence the use-
ful actuation. One of the materials exhibiting photostrictive properties is
PLZT (lead lanthanum zirconate titanate) ceramics. A bimorph type optical
piezoelectric microactuator based on this material and driven by ultraviolet
irradiation has been demonstrated [124].
Nevertheless, these systems suffer from the same drawbacks as light en-
ergy transfer. They require direct visibility of the light source, which re-
stricts them mainly to subcutaneous applications (unless a complicated sys-
tem of transcutaneous fibres is designed). In addition, special care should be
taken when designing photo-thermo-mechanical systems in order to avoid
excessive tissue heating and hence damage.
Although the described methods of direct wireless actuation are not suit-
able in their original form for applications in implantable medical devices,
the ideas behind them can encourage development of alternative designs,
free from the above mentioned drawbacks. As for now, the choice of a sim-
ple, safe, and yet efficient method for wireless powering of a therapeutic
actuation inside the human body remains an open question. This will be
addressed in the next section.
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1.3 Aim of this work
In Section 1.1 a problem of creating a power source for a miniature (10 mm
or less) medical device deeply implanted (up to 15 cm) into the human body
and performing therapeutic functions such as drug (or insulin/anesthetic)
delivery or implant mechanical adjustment has been stated.
Based on the review of current and emerging power sources for implantable
medical devices, ultrasonic energy transfer is chosen as the most suitable to
satisfy the stated requirements. Purely mechanical actuation can be used
for performing therapeutic functions specified above. Therefore, using di-
rect wireless actuation through ultrasound is proposed, making unnecessary
on-board generation and storage of electrical energy as well as its conversion
between various forms (i.e. mechanical to electrical and then back to me-
chanical for the therapeutic actuation). Overall, the system utilizing direct
mechanical actuation can potentially be simpler, lighter, more efficient and
reliable.
In the following sections the operating principle of the proposed solution
of powering an implantable medical device with therapeutic functions will
be described in more detail. This will be followed by the justification of
technology selection, list of produced publications, and the overall thesis
structure.
1.3.1 Stepper microactuators driven by ultrasonic power
transfer
The goal of this work is to demonstrate the feasibility of direct wireless actu-
ation through ultrasound. With this aim a stepper microactuator remotely
driven by ultrasonic power transfer is proposed (Fig. 1.23) [125].
Although the therapeutic functions that had to be performed have been
specified, the related medical background and analysis are left beyond this
work. Nevertheless, possible configurations of the actuating device accord-
ing to the application were considered. For example, for an implant requir-
ing mechanical adjustment throughout its life cycle (e.g. a shunt regulating
the amount of flow through a valve in treating hydrocephalus [5]), the actua-
tor would look similar to the one in Fig. 1.23, performing rectilinear motion.
In the remaining part of this work the focus will be on this configuration
only.
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Figure 1.23: Principle of a stepper microactuator powered by ultrasonic
transfer [125]: a coupled mechanical oscillator (oscillator-
receiver) is remotely driven by ultrasound; it undergoes me-
chanical vibrations being subjected to incoming acoustic waves
and then converts its oscillations into stepwise motion of a me-
chanical load (the actuator); the latter performs some useful
operation depending on the application
The core part of the system is a coupled mechanical oscillator which un-
dergoes mechanical vibrations under ultrasonic excitation and then converts
its oscillations into stepwise motion of an actuator. The latest prototype of
the oscillator is illustrated in Fig. 1.24. As already discussed, it is driven di-
rectly by acoustic waves with no electrical-to-mechanical energy conversion
involved. The receiving membrane has an area of 0.5 mm2 and is 15 µm
thick, while the overall device height is less than 55 µm. All the parts are
made of silicon (the fabrication process is presented in Chapter 3) except
the mechanical coupling elements which are made of silicon dioxide. The
frequency of incoming acoustic waves is 200 kHz.
Fig. 1.25 illustrates the first resonance mode of the coupled mechanical
oscillator. It occurs at frequencies near 200 kHz and corresponds to the
in-plane motion of the oscillator impact arm. This is the main frequency
at which the coupled oscillator operates. The second resonance mode cor-
responds to the out-of-plane (“parasitic”) component of the impact arm
motion and has to be minimized for reliable operation. The third and
higher harmonics correspond mainly to the bending of the structures (os-
cillator and membrane), where the oscillator does not move in the in-plane
direction significantly. These will be discussed in more detail in Chapter 2.
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Figure 1.24: Coupled mechanical oscillator driven by acoustic waves: the
membrane is mechanically connected to the oscillator body;
this coupling mechanism introduces asymmetry and provides
mechanical amplification by converting the membrane normal
vibrations to the oscillator body (impact arm) in-plane motion
Figure 1.25: First resonance mode of the coupled mechanical oscillator
(200 kHz) — in-plane motion of the oscillator impact arm (de-
formation not to scale)
It is a challenging task to build a system with a desired resonance fre-
quency and absorbing most of the incoming ultrasonic energy with mini-
mum reflections. Several designs of the coupled mechanical oscillator were
developed and many geometric parameters were optimized before the fi-
nal solution (Fig. 1.24) could provide acceptable vibration amplitudes at a
specified frequency and with minimized out-of-plane (“parasitic”) resonance
modes. This will be discussed in more detail in Chapter 2.
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It is proposed to perform conversion of oscillator vibrations into an actu-
ator stepwise motion through oblique mechanical impact. This can be im-
plemented with various driving mechanisms to initiate an impact, including
electrostatic [126], thermal [127] or vibration-driven [119] actuation. The
latter is the preferred choice for a purely mechanical system and it has
been previously illustrated in Fig. 1.21: the oscillators are driven through
physical contact with a vibrating surface (global vibrational field). In the
present case the global vibrational field is purely wireless as it is created
remotely by ultrasonic waves. Fig. 1.26 illustrates the principle of the pro-
posed oscillator-to-slider conversion.
slider (actuator)
slider
suspension
oscillator
slider
motion
oscillator
motion
slider
motion
Figure 1.26: Stepper microactuator driven by four oscillators through
oblique impact: ultrasonically driven oscillators vibrate and
hit the slider with their impact arms (at an angle of 45◦); the
impact arm–slider gap varies in the range of 2–10 µm in various
configurations; the slider is suspended on four soft springs to
facilitate its in-plane motion
As seen in Fig. 1.26, the slider is a rectilinear one degree-of-freedom ac-
tuator performing forward motion only. It is driven by several oscillators in
order to increase the energy transferred during an impact, provide rectilin-
ear motion, and eliminate wobbling (Chapter 2). Various gaps between the
oscillator impact arm and the slider are used in order to study the impact
dynamics (Chapter 4). The first prototype of the actuator is not connected
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to any load (medical device) as it is designed only to prove the concept of
converting ultrasonic energy into mechanical motion.
1.3.2 Justification of technology selection
As seen from Section 1.2, current implantable medical devices are powered
mainly by electrochemical batteries. Despite significant improvements over
the last 40 years, they still have to be recharged or replaced occasionally,
which reduces patient comfort and brings additional financial and clinical
burdens. For smaller medical implants, batteries frequently dominate the
size and the cost of the device, which makes them even less attractive as the
primary power source. Therefore, alternative technologies are being inves-
tigated to overcome these limitations. These include energy harvesting and
wireless power delivery which provide the opportunity of having battery-less
operation and essentially perpetual power.
While energy harvesting is generally only suited for low-power implantable
medical devices, wireless power delivery has greater potential to extend the
functionality to include actuation. One of the most widespread and well es-
tablished methods of wireless power delivery to implanted medical devices
is via inductively coupled coils. However this suffers from low efficiency at
larger distances, in particular for smaller receiving devices.
A promising alternative to inductive coupling is ultrasonic power deliv-
ery. As acoustic waves readily propagate through living tissue in the human
body, it has received particular attention in the last years. Many solutions
have emerged since the first application of ultrasound in energy transfer
inside a living subject. Nevertheless, most of them are based on the same
principle, utilizing PZT materials for transmitters and receivers. These sys-
tems are quite similar to energy harvesters, the difference being that the
energy comes from a dedicated ultrasonic source rather than from ambient
vibrations. The electromechanical conversion remains the same, i.e. the
incoming mechanical energy is converted into electrical form and then ac-
cumulated and stored (charging a battery or a capacitor) before it can be
used by an implant.
As part of this work, ultrasonic and inductive power delivery for minia-
ture receiving devices has been compared [128]. Detailed models for both
systems have been built and their analysis in terms of power transmission
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efficiency has been performed. The systems operated at optimal frequen-
cies for separations of 1–10 cm powering receivers of 2–10 mm diameter
implanted into the human tissue. It has been shown that the overall effi-
ciencies of both systems increase as the receiver gets larger (Fig. 1.27 and
Fig. 1.28).
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Figure 1.27: Ultrasonic vs. inductive power delivery — transfer efficiency
as a function of receiver diameter at 1 cm source–receiver sep-
aration [128]
At small distances the inductive system performs significantly better than
the ultrasonic one for a large receiver size (81% vs. 39% for a 10 mm re-
ceiver). However, even at such small distances this advantage vanishes as
the receiver gets much smaller. For very small receivers with the diame-
ter not exceeding 3 mm, the ultrasonic system demonstrates better results
(8.8% vs. 3.4% for a 2 mm receiver). Therefore, acoustic power delivery
becomes more attractive for energizing implantable medical devices as they
get smaller.
Fig. 1.28 illustrates the efficiency of acoustic and inductive power delivery
systems when the distance between the source and the receiver is 10 cm.
Due to the high attenuation of ultrasound in tissues, the efficiency of ultra-
sonic power delivery reduces significantly at larger distances. Nevertheless
it outperforms the inductive system even for larger receivers (0.21% vs.
0.012% for a 10 mm receiver). This advantage becomes more evident as the
receiver gets smaller (0.02% vs. 0.02·10−3% for a 2 mm receiver) making the
ultrasonic system attractive not only for subcutaneous, but also for deeply
implanted microdevices.
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Figure 1.28: Ultrasonic vs. inductive power delivery — transfer efficiency
as a function of receiver diameter at 10 cm source–receiver
separation [128]
It was also shown that for each size of the receiver there is a certain
distance after which the acoustic power delivery provides better efficiency.
This distance gets smaller as the receiver size reduces (from 2.9 cm for the
largest receiver to 1.5 cm for a 5 mm receiver).
Instead of generating electrical energy on-board, systems utilizing direct
wireless actuation can be used for applications where only mechanical mo-
tion is required (e.g. drug release, implant mechanical adjustment or mi-
crosurgery). Most of these systems utilize magnetic interactions. However,
these have several problems that still have to be solved, including bulky
setup, fabrication of high quality microscale magnets, and long term safety
issues of permanent magnets.
On the other hand, purely mechanical systems utilizing only a vibration
energy field for actuation have been presented. These receive power required
for actuation through physical contact with a vibrating surface. Although
the energy transfer is wire-free in this case, the systems are still required to
be in physical contact with the source, making unclear their potential use
in implantable medical devices.
To summarize, the analysis presented here clearly indicates that current
technologies have limited capabilities in terms of providing enough power
to miniature medical devices deeply implanted into the human body and
performing therapeutic functions. Among described methods, ultrasonic
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energy transfer is the most promising solution to satisfy the stated require-
ments. High power transfer efficiencies (up to 39.1%) have already been
demonstrated, however at relatively low separations (5 mm). As the latter
increase, and the size of the receiving modules decreases, the overall system
performance will inevitably drop. In addition, considerable design effort is
required to address the issues related to attenuation and diffraction losses
as well as misalignment effects.
To address these challenges, using direct wireless actuation through ul-
trasonic excitation is proposed. Being still ultrasound-based and subject
to the same loss mechanism as current solutions, the absence of on-board
generation and accumulation of electrical energy makes the system simpler,
lighter, and more reliable. As the energy is not converted back and forth
between different forms (i.e. mechanical to electrical and then back to me-
chanical for the actuation), this makes the system also more efficient.
1.3.3 Publications
The results of this work have been presented in various international confer-
ences, meetings, and seminars and are published in or submitted to related
proceedings and journals (Table 1.3).
Table 1.3: Publications of the results of this work
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A. Denisov and E. M. Yeatman, “Micromechanical actuators
driven by ultrasonic power transfer,” Microelectromechanical
Systems, Journal of, 2013, (submitted and under review)
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1.3.4 Thesis structure
Chapter 1 of the thesis described existing and emerging power sources for
implantable medical devices and stated the problem of creating a minia-
ture, safe, and yet efficient solution to battery-less therapeutic actuation.
Based on the reviewed solutions and the stated requirements, direct wire-
less actuation through ultrasonic excitation has been chosen as the most
suitable.
The remaining part of this thesis is organized into four chapters. Chapter 2
focuses on the design and the modelling of stepper microactuators driven
by ultrasonic energy transfer. It describes analytical and numerical models
of the proposed solution and discusses major design challenges that have to
be solved in order to obtain acceptable performance under specified work-
ing conditions. Chapter 3 describes the process flow for the fabrication of
experimental samples of stepper microactuators. Chapter 4 is dedicated to
the experimental characterization of the ultrasonically powered mechanical
actuation. Finally, Chapter 5 concludes the work, discusses novelty of the
proposed concept as well as presents recommendations for future work.
1.4 Chapter summary
Summarized below are the main points on power sources for implantable
medical devices discussed in this chapter.
The problem of creating a power source for a miniature medical device
deeply implanted into the human body and performing therapeutic func-
tions has been addressed. Existing and emerging wire-free powering mech-
anisms such as energy harvesting and wireless power delivery have been
reviewed in order to choose the most suitable for the stated requirements.
The conclusion has been drawn that wireless power delivery provides ex-
cellent opportunities in terms of energizing medical devices not deeply im-
planted inside the human body. Depending on the application, the diversity
of proposed solutions allows satisfying energy needs of a wide variety of med-
ical devices, making them completely battery-less or facilitating on-board
battery recharging. On the other hand, for powering miniature and deeply
implanted devices, the discussed solutions have limited applicability and
require considerable design effort or further research and development.
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Instead of generating electrical energy on-board, systems utilizing direct
wireless actuation can be used for applications where only mechanical mo-
tion is required (e.g. implant mechanical adjustment, drug release or micro-
surgery). Most of these systems utilize magnetic interactions and were orig-
inally intended for propelling medical microrobots inside the human body.
Nevertheless, stationary implantable devices can also benefit by performing
therapeutic functions through the same actuation methods as microrobots
use for their propulsion. Although, these systems are not suitable in their
original form for applications in implantable medical devices, the ideas be-
hind them can encourage development of alternative designs, free from their
current limitations.
Overall, it have been found that current technologies have limited capa-
bilities in terms of providing enough power to miniature medical devices
deeply implanted into the human body and performing therapeutic func-
tions. Among described methods, ultrasonic energy transfer is the most
promising solution to satisfy the stated requirements. High power trans-
fer efficiencies have already been demonstrated, however at relatively low
separations. As the latter increase, and the size of the receiving modules
decreases, the overall system performance inevitably drops.
After reviewing current and emerging power sources for implantable medi-
cal devices, direct wireless actuation through ultrasonic excitation has been
chosen as the most suitable technique to satisfy the stated requirements.
This technique provides purely mechanical actuation which can be used for
performing therapeutic functions, including drug release and implant me-
chanical adjustment. With no on-board generation and storage of electrical
energy as well as its conversion between various forms, the system employing
this method can potentially be simpler, lighter, more efficient and reliable.
Finally, based on the selected technology, the stepper microactuator driven
remotely by ultrasonic waves was proposed. The actuation is a two-step
process: the coupled mechanical oscillator starts vibrating in response to
incoming ultrasonic waves and then converts these oscillations into stepwise
motion of the mechanical actuator through oblique impact. Key design chal-
lenges that have to be solved have been described, possible configurations
for various medical applications have been discussed, and the technology
selection has been justified.
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2 Design and modelling
This chapter focuses on the design and the modelling of stepper microac-
tuators driven by ultrasonic energy transfer. It starts with analytical and
numerical models of ultrasonic power delivery into the human body, with
the aim of analysing such important parameters as the acoustic radiation
pressure exerted on remote receivers. The chapter then describes the main
part of the proposed system of ultrasonically powered therapeutic actua-
tion — the coupled mechanical oscillator. Major design challenges that
have to be solved in order to obtain acceptable performance at a specified
frequency and with minimum wave reflections are discussed. Finally, the
chapter describes the second part of the system — the stepper microac-
tuator. Its operating principles are discussed along with the main design
parameters that directly affect the system behaviour. Finally, the results of
the preliminary simulation are analysed.
2.1 Ultrasonic power delivery into the
human body
2.1.1 Equivalent electrical circuits of ultrasonic transducers
An analytical solution to wireless power transmission through acoustic waves
was proposed by Hu et al. as early as 2003 [130]. However, apart from a few
simplified cases, their model is cumbersome to solve analytically, because it
is based on the wave equation and the equations of piezoelectricity.
Much earlier, Mason suggested a method of one-dimensional analysis of
the problem, based on the network theory [131]. He proposed an equiva-
lent electrical circuit, where the piezoelectric material is separated into one
electrical (representing the electrodes where input power is applied) and
two acoustic ports (front and back faces of the material). The Mason’s
equivalent circuit for the one-dimensional problem is depicted in Fig. 2.1.
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Figure 2.1: Mason’s equivalent circuit of a piezoelectric material [132]
At the electrical port the components represent standard electrical ele-
ments and the voltage (in V) is related to the current (in A) via V = Z · I,
where Z is the electrical impedance (in Ω). At the acoustic ports the force
(in N) is related to the longitudinal velocity on the piezoelectric surface
ν (in m/s) via F = ZA · ν, where ZA is the acoustic impedance (in kg/s,
defined below). The ideal electromechanical transformer converts electrical
voltage V to mechanical force F via F = V ·N , current I to velocity ν via
ν = I/N , and electrical impedance Z to acoustic one ZA via ZA = Z ·N2.
Thorough analysis and comparison of Mason’s and other models [132]
showed that although it has some problems like negative capacitance at
the electrical port, it gives exactly the same results as the analytical solu-
tion based on the wave equation. Sherrit et al. successfully applied it to
study power delivery through a steel wall [133]. They built a flexible model
which allowed taking into account additional acoustic elements as well as
all possible loss mechanisms.
As part of this work, that model has been developed further in order
to study ultrasonic power delivery into the human body [128]. The model
is based on the system shown in Fig. 2.2. Similarly to the one of [133]
it allows adding extra front and tail masses in order to increase the load
experienced by the piezoelectric layers and hence increase the energy density
[134]. In addition, the model allows having a backing layer behind the
piezoelectric source with strongly mismatched acoustic impedance (e.g. air).
This results in nearly all energy reflected back to the piezoelectric layer and
hence maximizes energy transmission towards the tissue [80].
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Figure 2.2: Ultrasonic system for wireless power delivery into the human
body [128]: a sinusoidal voltage is applied to the source which
emits an acoustic wave travelling through the tissue towards
the receiver; when the wave reaches the receiver, its mechanical
energy is converted back to electrical form, generating a voltage
which is then supplied to the load
For simplicity, in the current work front/tail masses and a backing layer
were not used. Instead, matching layers to reduce acoustic impedance mis-
match between the piezoelectric layers and the tissue were added. The
equivalent circuit of the resulting model is shown in Fig. 2.3.
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Figure 2.3: Equivalent circuit of the ultrasonic system shown in Fig. 2.2 [128]
For the detailed description of all the circuit parameters in Fig. 2.3, the
reader is referred to [133]. In the model the load impedance was optimized
in terms of the frequency by compensating the parallel capacitance C02
(which is the internal static capacitance of the piezoelectric material), giving
RL = 1/ωC02. No power losses due to possible lateral misalignment of the
layers are taken into account, making the model one-dimensional.
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The overall power transmission efficiency of the system η is determined
as the ratio between the power delivered to the load resistor and the input
power [133]:
η =
∣∣∣∣ VLILRe(VinIin)
∣∣∣∣. (2.1)
Using the developed model, ultrasonic power delivery was compared with
other wireless techniques (such as inductive coupling) in terms of power
transmission efficiency for different separations and receiver sizes [128]. This
allowed the author to draw conclusions on the applicability of ultrasonic
energy transfer to power miniature medical devices deeply implanted into
the human body (Section 1.3.2 of Chapter 1).
The analogy between electrical (voltage and current) and mechanical
(force and velocity) quantities in the Mason’s model makes it flexible, since
it allows the calculation of any force or velocity on any transducer surface,
including the electrical impedance seen from different ports.
In order to calculate the pressure field generated by an ultrasonic trans-
ducer, it is required to define the velocity on the transducer radiating sur-
face. To do that, an equivalent circuit shown in Fig. 2.4 was developed
and simulated. The velocity of interest is then a current through the load
resistor RL. Its value is determined by the specific acoustic impedance ZA
(in kg/s) of the transducer which is [135]:
ZA =
p0
u0
= z0S = ρ0c0S, (2.2)
where p0 is the acoustic pressure, u0 is the particle velocity in the medium,
z0 = ρ0c0 is the characteristic impedance of the medium, ρ0 is the medium
density, and c0 is the speed of sound in the medium, while S is the sur-
face area. Approximating the transducer as a plane-piston circular radiator
(Section 2.1.2), S is equal to the transducer radiating surface.
The density and the speed of sound in soft human tissue are 1058 kg/m3
and 1540 m/s respectively [80]. For the area corresponding to that of the
transducer active element which was used in the experimental setup (disk
11.3 mm in diameter and 2.1 mm thick, Chapter 4), the acoustic impedance
is then:
ZA tissue = 163.5 kg/s. (2.3)
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Figure 2.4: Equivalent circuit of an ultrasonic transducer radiating into
tissue
As the exact piezoelectric material of the transducer is not disclosed by the
manufacturer, CTS 3203HD (formerly Motorola 3203HD) was assumed (as
in [128]) in order to calculate the circuit parameters in Fig. 2.4. Its density
and speed of sound are 7500 kg/m3 and 4821 m/s respectively [133], giving
the following value of its acoustic impedance and resonance frequency:
ZA pzt = 3626 kg/s, (2.4)
f0 = 0.99 MHz. (2.5)
The latter corresponds to the thickness extensional mode of the experi-
mental ultrasonic transmitter (1.00 MHz as per specifications, Chapter 4).
The difference of 10 kHz is attributed to the different piezoelectric material
used in the real device.
In order to avoid wave reflections at the interface between the transducer
and the tissue, their acoustic impedances have to be matched. Normally,
this is accomplished by adding a matching layer on the transducer radiating
surface with such properties (density and speed of sound) that ZA matching =√
ZA pzt · ZA tissue. For the above calculated acoustic impedances, this gives
Z ′A matching = 770 kg/s which is the ideal value as it provides minimum re-
flections. However, only a few biocompatible materials exhibit such proper-
ties making impedance matching more challenging and requiring additional
techniques (e.g. using multiple matching layers).
The housing case of the experimental ultrasonic transmitter is made of
Teflon R© (polytetrafluoroethylene, PTFE) which provides acceptable value
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of the acoustic impedance (ρmatching = 2160 kg/m
3 [136] and cmatching =
1400 m/s [137], giving ZA matching = 303.3 kg/s for the area equal to that
of a transducer active element). As its exact thickness is not disclosed by
the manufacturer, its value was assumed to be equal to the odd number of
quarter wavelengths (1/4 · λ) for simplicity.
Plugging all the parameters into the circuit in Fig. 2.4 gives the following
velocity on the transducer radiating surface at 0.99 MHz for an input voltage
of a 20 Vp-p (peak to peak) amplitude:
νa = 22 mm/s. (2.6)
This value is used for the numerical calculation of the pressure field gen-
erated by a plane-piston transducer in the next section.
2.1.2 Pressure fields generated by ultrasonic transducers
The analytical calculation of the pressure field generated by a real ultrasonic
transducer (taking into account actual deformations of the PZT material
and its clamping) is a cumbersome task. Instead, the transducer is approx-
imated as a plane-piston circular radiator emitting acoustic waves into an
infinite medium in the forward direction only. In this section the analytical
approach to calculate the pressure distribution in several particular cases
is described first. Then, more general solution is obtained by performing
numerical simulations.
According to the Huygens principle each point on the transducer surface
can be treated as a point source radiating spherical waves at distances far
away from the surface. The pressure field generated by a transducer of
radius a is then a vector sum of contributions from all the point sources,
taking into account the amplitude and phase from each contribution [138].
The geometry for solving the problem is illustrated in Fig. 2.5.
It is assumed that the particle velocity on the transducer surface is uni-
form. In general, each infinitesimal element with an area
−→
dA generates a
differential pressure dp at the observation point P at a distance of
−→
r′ . This
pressure is given by:
dp =
jρ0c0k
2pir′
ν · dA · ej(ωt−kr′), (2.7)
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Figure 2.5: Coordinates for calculating the pressure field generated by a
plane-piston transducer in the XY-plane [138]: (a) isometric
view; (b) radial coordinates in the plane of a transducer
where
dA = σ · dσ · dψ, r′ =
√
r2 + σ2 − 2rσ sin θ cosψ, (2.8)
ρ0 is the density of the medium, c0 is the speed of sound in the medium, ν
is the velocity on the transducer surface (ν = νae
jωt, with the amplitude νa
calculated in the previous section), k = 2pi/λ is the wave number (with λ
— the wavelength), and ω is the angular frequency.
The total pressure p at the observation point P (r, θ) is then an integral
of dp over the whole surface of the transducer A (the Rayleigh integral):
p =
jρ0c0k
2pi
ν · ej(ωt)
2pi∫
0
a∫
0
e−jkr′
r′
σ · dσ · dψ. (2.9)
Since this integral is not possible to solve analytically for a general case,
it is required to make some approximations and consider two cases: the far
field and the near field.
Far field region
For the far field (Fraunhofer) region, r  a and r′ can be expanded in a
Taylor’s series as r′ = r − σ sin θ cosψ. This gives the pressure [138]:
p =
jρ0c0ka
2νa
2r
ej(ωt−kr)
(
2J1(ka sin θ)
ka sin θ
)
. (2.10)
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Therefore, the pressure field in the far field region corresponds to a spher-
ically spreading wave with an intensity decaying with distance. The term
in brackets is the directivity function D(θ):
D(θ) =
2J1(ka sin θ)
ka sin θ
, (2.11)
where J1 is the first order Bessel function [138]. The directivity function
can be approximated by expanding the latter in the form:
2J1(x)
x
≈ 1− x
2
8
. (2.12)
The directivity function defines the variation of pressure with direction
and depends on the ka product. Therefore, at the same frequency a larger
transducer will generate a more directional pressure field (Fig. 2.6). The
field will also be more directional when a transducer of the same radius is
operating at higher frequency (Fig. 2.7). This is the reason why with acous-
tic waves (which, due to their lower speed, have much smaller wavelengths
than radio waves for a given frequency) more directional transmitters and
receivers can be achieved.
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Figure 2.6: Directivity functions D(θ) (in dB scale) of two different trans-
ducers (with the radius a = 11.3 mm (blue) and a = 3 mm
(red)) operating at the same frequency of 1 MHz
The side lobes observed in Fig. 2.6 and Fig. 2.7 for the larger transducer
and higher operating frequency respectively correspond to the acoustic en-
ergy lost from the main lobe and should be minimized in order to avoid
interference (which can be destructive).
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Figure 2.7: Directivity functions D(θ) (in dB scale) of a transducer with ra-
dius a = 11.3 mm operating at two different frequencies (200 kHz
(blue) and 1 MHz (red))
Near field region
For the near field (Fresnel) region, where the observation point is located
close to the transducer surface, analytical solution of the Rayleigh integral
is only available on the transducer main acoustic axis, where r′ =
√
r2 + σ2.
This gives the pressure [138]:
p = ρ0c0νae
jωt
(
e−jk
√
r2+σ2 − e−jkr
)
dA, (2.13)
with real part:
p = ρ0c0νaa
2
√
2− 2 cos k
(√
r2 + z2 − z
)
. (2.14)
The pressure field in the near field region is not uniform and characterized
by many interference maxima and minima (Fig. 2.8). The condition for a
maximum or a minimum is given by [138]:
Z =
4a2 − n2λ2
4nλ
, (2.15)
where n = 1, 3, 5, 7... for a maximum, and n = 2, 4, 6, 8... for a minimum.
The last axial maximum corresponds to n = 1, giving Z0 = a
2/λ (at high
frequencies and hence short wavelengths) which is called the Fresnel distance
[138].
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Figure 2.8: Normalized axial pressure distribution generated by a trans-
ducer with radius a = 11.3 mm operating at two different fre-
quencies (750 kHz (red) and 1 MHz (blue)): Z0 = a
2/λ is the
Fresnel distance; p0 = ρ0c0νa is the pressure amplitude in a
plane wave
As seen in Fig. 2.8, Fresnel distance separates the near field (Z < Z0) and
the far field (Z > Z0) regions. It can be tuned by changing the operating
frequency. Z0 is also called the natural focus of a transducer and it is the
most preferable position to locate the receiver (Fig. 2.9).
2a
near field far fieldfocus
spherical
spreading
preferred location
of the receiver
zacoustic axis
transmitter
area of pressure
fluctuations
Figure 2.9: Near/far field of ultrasonic transmitter and the preferred lo-
cation of the receiver in the transducer natural focus (Fresnel
distance)
To summarize, increasing the radial size of the transducer or its operating
frequency (which is proportional to 1/λ) allows reaching deeper sites inside
the human body. However, increased frequency results in additional side
lobes as well as higher tissue attenuation [95], making a trade-off between
84
2.1. ULTRASONIC POWER DELIVERY INTO THE HUMAN BODY
the source–receiver separation and the amount of energy to deliver. The se-
lection of the operating frequency for the proposed system will be discussed
in more detail in Section 2.2.2.
As already demonstrated, the analytical calculation of the pressure field
generated by a plane-piston transducer is limited to a few particular cases
(e.g. transducer far field and its main acoustic axis). To obtain a more gen-
eral solution (i.e. in the entire region), alternative techniques are required.
The problem was addressed by solving the Rayleigh integral (eq. (2.9)) nu-
merically; this is described in more detail in the next section.
Numerical solution
To calculate a 2D pressure distribution profile a MATLAB script was cre-
ated which solves the Rayleigh integral (eq. (2.9)) numerically. The same
transducer geometry as in the experimental setup was used: a disk with the
radius a = 11.3 mm. As will be discussed in Chapter 4, this transducer
can operate at two frequencies: 200 kHz (in radial mode) and 1 MHz (in
thickness extensional mode). Although the former one was chosen as the
main operating frequency of the proposed coupled mechanical oscillators, in
this section the simulations are performed for the frequency of 1 MHz only.
This is due to the fact that all the transducer models and equations pre-
sented in this chapter so far are valid only for the thickness extensional mode
(approximating the transmitter as a plane-piston circular radiator). The ac-
tual transducer deformations in the radial mode are more complex [139,140],
making the presented models inapplicable.
Nevertheless, the numerical technique described in this section is still
useful as it allows studying pressure distribution profiles of ultrasonic trans-
ducers under various conditions. It can be used to study such effects as
propagation of acoustic waves in different media, spreading losses, trans-
ducer focusing and directivity, wave reflections, and others. More impor-
tantly, this model provides valuable information on the acoustic radiation
pressure (or the force) exerted on the remote receiver.
Fig. 2.10 shows the 2D pressure distribution profile of a transmitter with
radius a = 11.3 mm radiating at 1 MHz into water (attenuation 0.002
dB/cm·MHz [95]). A uniform particle velocity on the transmitter radiating
surface is assumed; with its amplitude previously calculated in Section 2.1.1
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(νa = 22 mm/s at 1 MHz and 20 Vp-p driving voltage, eq. (2.6)). As already
mentioned, the most preferable position to locate the receiver is beyond the
transmitter natural focus (Z ≥ Z0) which is Z0 = 20.3 mm at 1 MHz. 
side lobes 
acoustic axis 
preferred location 
of the receiver 
transmitter 
Figure 2.10: Normalized 2D pressure distribution profile generated by a
transmitter with the radius a = 11.3 mm radiating at 1 MHz
into water (attenuation 0.002 dB/cm·MHz [95])
The transverse pressure distribution (along X-axis) at the natural focus
(Z0 = 20.3 mm) of the same transmitter under the same conditions is
shown in Fig. 2.11. As in Fig. 2.8 the pressure is normalized to the value
p0 = ρ0c0νa which is the pressure amplitude in a plane wave.
As seen in Fig. 2.10 and Fig. 2.11, the peak acoustic pressure is observed
on the main acoustic axis at a distance of Z0 = 20.3 mm (natural focus)
from the transmitter radiating surface and is equal to:
pmax = 2 · p0 = 70.6 kPa. (2.16)
The simulated peak acoustic pressure is different from experimentally
measured (29.7 kPa at the frequency of 1.1 MHz and a distance of 5 mm,
Chapter 4). While the frequency deviation is most likely due to the en-
gineering tolerances of a manufactured device, the reason for the pressure
discrepancy is less obvious. As will be discussed in Chapter 4, the ultra-
sonic source is a PZT disk sealed in a Teflon housing. Its exact configuration
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Figure 2.11: Normalized transverse pressure distribution at Z0 = 20.3 mm
generated by a transmitter with the radius a = 11.3 mm radi-
ating at 1 MHz into water (attenuation 0.002 dB/cm·MHz [95])
(PZT material, thickness of the matching layer etc.) is unknown (not dis-
closed by the manufacturer), which makes the comparison of simulated and
experimental results difficult.
As already discussed, the developed model based on equivalent electri-
cal circuits allows taking into account matching layers as well as front/tail
masses attached to the piezoelectric material. Therefore, if the exact con-
figuration of the ultrasonic transmitter is known, more accurate results can
be obtained. While the current model is approximate, the simulated peak
acoustic pressure is within roughly a factor of two of that experimentally
observed. This shows that the trends predicted by simulations are indicative
of the real transmitter behaviour in the thickness extensional mode.
As for the radial mode (200 kHz), the measured acoustic pressure cannot
be compared with the similar simulated one, since the developed models
are not applicable for this oscillation mode. Therefore, in order to perform
simulations in the remaining part of this chapter at 200 kHz (main operat-
ing frequency of the proposed coupled mechanical oscillator), the measured
value of the acoustic pressure generated by the experimental transducer at
this frequency (14.8 kPa, Chapter 4) is used.
The obtained value of acoustic pressure is then used for calculating the
total acoustic force exerted on the surface of a remote receiver. The force
dF applied to an infinitesimal element with an area dAr on the receiver
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surface is dF = p · dAr. The total force is then an integral of dF over
the whole receiver surface Ar. However, as the receiver (a membrane with
Ar = 0.5 mm
2, Section 1.3.1 of Chapter 1) is significantly smaller than the
transmitter (A = 100 mm2 for the radius of 11.3 mm), the ratio of the
transmitter to receiver areas is large (A/Ar > 200). Therefore, the acoustic
pressure along the receiver surface can be considered uniform in the far field,
giving the total force:
F = pAr. (2.17)
Therefore, at the frequency of 200 kHz the total force exerted on a
0.5 mm2 receiver located in the natural focus of a transmitter (5 mm in
the radial mode, Chapter 4) is given by:
F = 14.8 kPa · 0.5 mm2 = 7 mN. (2.18)
The calculated value of the acoustic force exerted on the receiver can
be further used in the analysis of its frequency response and the overall
performance (i.e. vibration amplitude). The latter is then used to calculate
the value of the mechanical impedance. As will be discussed in the next
section, this is a critical parameter in the process of designing an acoustically
coupled mechanical system with minimum wave reflections and absorbing
most of the incoming energy.
2.2 Coupled mechanical oscillator
In Section 1.3.1 of Chapter 1 the stepper microactuator remotely driven by
ultrasonic power transfer as a purely mechanical way of performing ther-
apeutic functions in implantable medical devices has been presented. The
system consists of a coupled mechanical oscillator vibrating in response to
incoming ultrasonic waves and then converting these oscillations into step-
wise motion of a mechanical actuator through oblique impact (Fig. 1.23 of
Chapter 1).
This section will focus on the main part of the system — the coupled
mechanical oscillator. The latest prototype has already been presented
(Fig. 1.24 of Chapter 1) and its operating principle has been discussed:
membrane normal vibrations are converted into the oscillator impact arm
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in-plane motion through coupling elements. Here the major design chal-
lenges that had to be solved before the device could provide acceptable
vibration amplitudes at a specified frequency and with minimum wave re-
flections will be discussed.
One of the first design challenges that had to be solved in the early stages
was to define whether the oscillating system will work directly in the envi-
ronment or will be encapsulated in a package and accessed via an interface
(membrane or other mechanism). The latter configuration with a membrane
interface was chosen as it is more favourable for implantable applications.
In addition, as will be discussed below, such configuration provides values
of the system mechanical impedance that are better matched to soft human
tissue. This is critical in the process of minimizing acoustic wave reflec-
tions in order to absorb most of the incoming energy (impedance matching
technique). Other design challenges are discussed below in more detail.
2.2.1 Impedance matching
A key design challenge is to effectively couple propagating acoustic waves to
a discrete mechanical system. For the operating frequency in the range of
50 kHz–1 MHz, and with the acoustic velocity in silicon of 8430 m/s [141],
the wavelength is in the range of 8–170 mm. So, for any frequency in the
selected range, the receiving membrane thickness (15 µm) is much smaller
than the wavelength and can be considered acoustically thin.
Therefore, in order to avoid wave reflections and absorb most of the ul-
trasonic energy, the mechanical impedance (defined below) of the oscillating
system has to be closely matched to its acoustic impedance [142]. This is
different from traditional systems of ultrasonic power delivery with piezo-
electric receivers, where the main problem is to match acoustic impedances
of two bulk media (the propagation medium, e.g. a tissue, and the re-
ceiver) [89].
Acoustic impedance
Previously, the definition of the acoustic impedance has been given (eq. (2.2))
and its specific value for an ultrasonic transducer radiating into tissue has
been calculated (Section 2.1.1). Unlike the characteristic acoustic impedance,
which is a fundamental property of a propagating medium, the specific
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impedance depends on the surface area of a discrete acoustic component.
In the previous case the area of the transducer radiating surface was used
for calculations. Here, the surface area of the column of medium equal
in cross-section to that of the mechanical receiver is used (S = 0.5 mm2
membrane) [142].
However, the displacement profile of the receiving membrane is different
from that of a plane piston (due to clamping, Fig. 2.12). Therefore, an
affective area Seff of an equivalent plane piston which would produce the
same volume displacement as the receiving membrane is calculated.
membrane plane piston
volume displaced
by the membrane
Figure 2.12: Displacement profile of the receiving membrane: due to clamp-
ing it is different from that of a plane piston of the same area
(dashed line) (membrane displacement profile is obtained from
its finite element analysis assuming uniform loading)
An effective area is given by:
Seff = S · Vpiston
Vmembrane
, (2.19)
where Vmembrane and Vpiston are the volumes displaced by the membrane and
a plane piston of the same area respectively. By taking Vmembrane from the
finite element analysis, the value of an effective area is then:
Seff = 0.14 mm
2. (2.20)
This gives the following specific acoustic impedance of the receiving mem-
brane (eq. (2.2)):
ZA = z0Seff = ρ0c0Seff = 0.2 kg/s. (2.21)
In order to avoid wave reflections and absorb most of the ultrasonic energy,
this value has to be matched as closely as possible to the value of the receiver
mechanical impedance. The definition and the calculation of the latter is
described in the next section.
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Mechanical impedance definition and modelling
Mechanical impedance is a frequency transfer function which is useful in
the response analysis of vibrating mechanical systems. In such analysis, it
is assumed that the dynamic system is driven by a harmonic (e.g. sinusoidal)
excitation. In the frequency domain the mechanical impedance (in kg/s) is
defined as:
ZM (f) =
F (f)
V (f)
, (2.22)
where F (f) is the driving force, V (f) is the resulting system velocity at the
point where the force is applied, and f is the frequency of excitation [143].
Fig. 2.13 illustrates a typical mass–spring–damper system driven by the
harmonic force F (t). Its mechanical impedance depends on the way how
the excitation is applied. The system can be driven by applying a force
directly to the mass element (as in Fig. 2.13 (a)) or through an interface
(e.g. a supporting plate, Fig. 2.13 (b)). In the latter case, it is the support
motion V (t) that is associated with an external force rather than the mass
motion Vm(t), as in the former case. Impedance transfer functions of basic
mechanical elements from Fig. 2.13 (a mass, a spring, and a damper) are
listed in Table 2.1.
Table 2.1: Impedance transfer functions of basic mechanical elements [143]
Element Impedance
Mass, m Zm = ms
Spring, k Zk = k/s
Damper, b Zb = b
s = jω = j2pif
For the system in Fig. 2.13 (a) (direct actuation), all three basic elements
are connected in parallel. Therefore, the overall mechanical impedance of
the system is [143]:
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F(t)
V(t)
bk
m
bk
m
V(t)
F(t)
(a) (b)
Vm(t)
Figure 2.13: Typical mass–spring–damper systems — the mass m is at-
tached to the spring of stiffness k and the viscous damper
with the damping constant b, and driven by the harmonic force
F (t) [143]: (a) the system is driven directly (the force is applied
to the mass); (b) the system is driven through an interface (the
force is applied to the supporting plate)
ZMa(f) =
F (f)
V (f)
= Zm + Zk + Zb =
ms2 + bs+ k
s
∣∣∣∣
s=j2pif
. (2.23)
For the system in Fig. 2.13 (b) (actuation through an interface), the mass
element is connected in series with the spring–damper pair connected in
parallel. This gives [143]:
ZMb(f) =
F (f)
V (f)
=
Zm(Zk + Zb)
Zm + Zk + Zb
=
ms(bs+ k)
ms2 + bs+ k
∣∣∣∣
s=j2pif
. (2.24)
The mechanical impedance values for typical MEMS structures can be es-
timated by considering a simple system consisting of a rectangular cantilever
beam with a mass attached to its end (Fig. 2.14). Assume the following ge-
ometry and materials: lm = 200 µm, tm = 60 µm, w = 30 µm, l = 310 µm,
t = 10 µm, with both the mass and the cantilever made of silicon (density
ρ = 2330 kg/m3 and Young’s modulus E = 130 GPa [144]).
Before applying eq. (2.23) or eq. (2.24), several system parameters have
to be calculated, including the resonance frequency f0, the mass m, the
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Figure 2.14: A mass attached to the end of a rectangular cantilever beam
stiffness k, and the damping constant b. The detailed analytical model for
the calculation of the former three parameters is described in Appendix A.1.
The resonance frequency of the whole structure is expressed as:
f0 =
1
2pi
ω0 =
1
2pi
√
k
Meff
, (2.25)
where k is the beam stiffness, and Meff is the effective mass of the whole
structure which should be used to account for the cantilever bending. These
are:
k =
3EJz(
l + 12 lm
)3 , with moment of inertia Jz = wt312 , (2.26)
Meff = ρw
(
lmtm +
33
140
lt
)
. (2.27)
Substituting eqs. (2.26) and (2.27) along with geometrical and material
properties into eq. (2.25) gives the following resonance frequency:
f0 = 20.1 kHz. (2.28)
The damping constant b at resonance is expressed as [135,143]:
b =
ω0Meff
Q0
, (2.29)
where Q0 is the quality factor of a vibrating system.
Assuming Q0 = 100 and substituting eqs. (2.26) to (2.29) into eq. (2.23)
gives the following value of the mechanical impedance of the system driven
at resonance directly (Fig. 2.13 (a)):
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ZMa(f0) = 1.12 · 10−6 kg/s. (2.30)
Similarly, the mechanical impedance of the system driven at resonance
through an interface (Fig. 2.13 (b)) is calculated using eq. (2.24):
ZMb(f0) = 0.01 kg/s. (2.31)
Calculating analytically the mechanical impedance of more complicated
structures (such as the proposed coupled mechanical oscillator) is much
more cumbersome. Instead, a finite element modelling (FEM) software
(such as ANSYS or COMSOL) can be used to calculate the mechanical
impedance numerically. An ANSYS FEM model was developed which al-
lowed studying the frequency response (displacement and velocity ampli-
tudes) of various MEMS structures under various loading conditions (e.g.
force, displacement etc.). Applying this model on the structure previously
shown in Fig. 2.14, analytical and simulation results can be compared and
the applicability of the model for more complicated systems can be verified.
The model shown in Fig. 2.15 illustrates a simple rectangular cantilever
beam with a mass attached to its end. The geometrical and material proper-
ties used for simulation are the same as described above. Fig. 2.16 presents
the results of the harmonic analysis of the structure, illustrating its first
resonance mode. The obtained numerical value of the resonance frequency
(20.1 kHz) corresponds precisely to the previously calculated analytical one
(eq. (2.28)).
Figure 2.15: A FEM model of a rectangular cantilever beam with a mass
attached to its end: a vertical force of 1 µN (red arrow) is
applied to the mass top surface (red area); the beam opposite
end (on the left) is clamped
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Figure 2.16: Simulated first resonance mode (20.1 kHz) of a rectangular
cantilever beam with a mass attached to its end
To calculate the mechanical impedance of the system its frequency re-
sponse is analysed. A vertical harmonic force with the amplitude of 1 µN
is applied uniformly to the mass top surface, and the excitation frequency
is swept in the range of 10–30 kHz. As a result, the vibration displacement
amplitude of the mass element as a function of the frequency is then plotted
(Fig. 2.17). As seen from the graph, the response peak occurs at the first
resonance frequency of 20.1 kHz.
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Figure 2.17: Simulated frequency response of a rectangular cantilever beam
with a mass attached to its end — the average vibration dis-
placement amplitude of the mass top surface: the amplitude
of applied vertical harmonic force is 1 µN; the system quality
factor is Q0 = 100
As the motion of the mass element is not purely rectilinear (due to the
beam suspension), to better correspond to the system shown in Fig. 2.13 (a)
the average value (rather than the maximum) of the amplitude along the
mass top surface is analysed. From Fig. 2.17 it is:
X ′(f0) = 6.9 µm. (2.32)
Here the accent (X ′) notation is used to avoid confusion with previously
defined analytical expressions. In the frequency domain the vibration veloc-
95
CHAPTER 2. DESIGN AND MODELLING
ity amplitude V (f) can be expressed through the displacement amplitude
X(f) using the following [143]:
|V (f)| = ω|X(f)| = 2pif |X(f)|. (2.33)
Therefore, at resonance the vibration velocity amplitude V ′(f0) of a rect-
angular cantilever beam with a mass attached to its end is:
V ′(f0) = 0.88 m/s. (2.34)
This gives the following system mechanical impedance (eq. (2.22)):
Z ′Ma(f0) =
F ′(f0)
V ′(f0)
= 1.14 · 10−6 kg/s, (2.35)
which corresponds well to the obtained analytical one (eq. (2.30)). It is im-
portant to note that since the mechanical impedance is a frequency transfer
function, its value does not depend on the magnitude of the applied force
(the resulting velocity amplitude scales proportionally to the force making
the result constant). This holds only for low force amplitudes (i.e. within
the linear range). Instead, the mechanical impedance is determined by the
structure geometry and its quality factor (i.e. viscous damping coefficient).
Therefore, it has been verified that the developed FEM model can be suc-
cessfully used to calculate the mechanical impedance of MEMS structures.
It will be used throughout the rest of the work to study the behaviour of
different configurations of the coupled mechanical oscillator under various
loading conditions.
Mechanical impedance of coupled mechanical oscillator
Comparing values of the mechanical impedance of the systems driven di-
rectly (1.12 · 10−6 kg/s, eq. (2.30)) and through an interface (0.01 kg/s,
eq. (2.31)), one can notice that qualitatively the latter is better matched
to the specific acoustic impedance of the receiving membrane (0.2 kg/s,
eq. (2.21)). Despite still a large difference (due to different systems anal-
ysed), it is clear that driving a mechanical system through an interface pro-
vides better opportunities in terms of impedance matching. This justifies
the decision of building a mechanical oscillator driven through a membrane
(Fig. 1.24 of Chapter 1).
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To calculate the mechanical impedance of the proposed coupled mechan-
ical oscillator, the developed FEM model was used to study its frequency
response. The force and the velocity in this case are the acoustic force ap-
plied to the membrane and the membrane velocity amplitude respectively.
Although the membrane is connected to the oscillator body (through the
coupling elements), the definition of mechanical impedance does not change.
However, it will be higher than for the freely vibrating membrane due to
the decreased vibration amplitude.
Fig. 2.18 shows the simulated frequency response of the coupled mechani-
cal oscillator of Fig. 1.24 of Chapter 1 (normal vibrations of the membrane)
under an acoustic force of 7 mN uniformly distributed on the membrane
surface (eq. (2.18)). However, the force magnitude is not critical for the
calculation of mechanical impedance, as the resulting amplitude scales pro-
portionally to it, making the mechanical impedance constant. What is of
significant importance is the damping in the system. Based on the research
conducted on MEMS structures similar to the proposed in this work and
operating in the same frequency range (near 200 kHz) [145], the quality fac-
tor of the coupled mechanical oscillator was assumed to be Q = 500. This
will be discussed in more detail in Section 2.2.4.
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Figure 2.18: Simulated frequency response of the coupled mechanical oscil-
lator of Fig. 1.24 of Chapter 1 — the average normal vibration
displacement amplitude of the membrane: the amplitude of ap-
plied vertical harmonic force is 7 mN; the quality factor of the
system is Q = 500
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As seen in Fig. 2.18 the maximum response peak in the membrane vibra-
tion amplitude (13.1 µm) occurs at the fourth resonance frequency (422 kHz).
However, at the main operating frequency (200 kHz) the membrane vibrates
with an amplitude of only X(f0) = 0.02 µm. This gives the following value
of its vibration velocity amplitude (eq. (2.33)):
V (f0) = 2pif0X(f0) = 25 mm/s. (2.36)
Therefore, the mechanical impedance of the coupled mechanical oscillator
is (eq. (2.22)):
ZM (f0) =
F (f0)
V (f0)
= 0.28 kg/s. (2.37)
Using this and the value of the acoustic impedance (eq. (2.21)) gives the
following pressure reflection coefficient:
R =
ZM − ZA
ZM + ZA
= 0.17. (2.38)
Therefore, the power reflection coefficient RΠ is:
RΠ = |R2| = 0.03. (2.39)
This makes only 3% of the incoming acoustic energy reflect back to the
source. As the device geometry (in particular, dimensions and location of
the coupling element) greatly influences the value of mechanical impedance,
it is a challenging task to build a system with a desired resonance frequency
and yet having minimum reflections. The coupled mechanical oscillator
shown in Fig. 1.24 of Chapter 1 is the optimal solution providing acceptable
vibration amplitudes at a specified frequency and with minimized out-of-
plane (“parasitic”) resonance modes.
2.2.2 Selection of operating frequency
Designing MEMS structures oscillating in the kHz–MHz range is a challeng-
ing task. As the resonance frequency is inversely proportional to the mass
(ω0 =
√
k/m, where k is the structure stiffness and m is its mass), the most
straightforward way of reaching high frequencies is to scale down the device
dimensions. However, this would result in submicron mechanical features
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in the oscillator. Being not only impractical to fabricate, this would also
result in a shift in mechanical impedance which could potentially reduce
the overall performance due to stronger impedance mismatch. Therefore,
the most practical solution of increasing the oscillator resonance frequency
is to increase its stiffness (though at the cost of reduced vibration ampli-
tude). Fig. 2.19 illustrates the concept of increasing structure stiffness by
increasing the number of suspension beams.
Figure 2.19: Increasing structure stiffness by increasing the number of sus-
pension beams: (a) 155 µm × 100 µm × 30 µm (X×Y×Z)
silicon mass element suspended on one beam 150 µm long (res-
onance frequency = 50 kHz); (b) same structure suspended on
four similar beams (resonance frequency = 300 kHz)
The desired operating frequency of an implantable medical device pow-
ered by ultrasound lies in the range of a few MHz, since it corresponds
to widely used diagnostic imaging equipment. However, according to [89]
the recommended operating frequency for power delivery (as opposed to
imaging) lies in the range of 200 kHz – 1.2 MHz, being a trade-off between
attenuation losses, diffraction losses, thickness of the receiving transducer
as well as maximum attainable source–receiver separation.
As in the present case the receiving module is not a simple piezoelec-
tric transducer (as in most power delivery systems), but a complex cou-
pled mechanical oscillator, the lowest recommended frequency (200 kHz)
was chosen. Having lower operating frequency results in larger device di-
mensions, which in turn facilitates its microfabrication. More importantly,
larger membrane area is able to capture more ultrasonic energy, increasing
the overall system performance. At the same time, at 200 kHz the mem-
brane is only 0.5 mm2 which is well below the required size of an implantable
medical device (10 mm or less).
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2.2.3 Harmonic analysis
The first resonance mode of the proposed coupled mechanical oscillator is
illustrated in Fig. 2.20. It occurs at frequencies near 200 kHz and corre-
sponds to the in-plane motion of the oscillator impact arm. This is the main
frequency at which the coupled oscillator operates.
Figure 2.20: First resonance mode of the coupled mechanical oscillator
(200 kHz) — in-plane motion of the oscillator impact arm (de-
formation not to scale)
Note in Fig. 2.20 the presence of perforation holes in the oscillator body
that are made to facilitate the microstructure release during the fabrication
(Chapter 3). As they strongly affect the overall mass of the oscillator body,
it is essential to take them into account during the simulation.
The second resonance mode (Fig. 2.21) corresponds to the out-of-plane
(“parasitic”) component of the impact arm motion and has to be minimized
for reliable operation (to avoid physical contact between the impact arm and
the membrane). The third resonance mode (Fig. 2.22) is also undesirable,
as it corresponds to the out-of-plane bending of the oscillator and hence the
out-of-plane motion of the impact arm. However, it is not as critical as the
second one due to much higher resonance frequency than of the main mode,
making its accidental activation unlikely.
The fourth resonance mode (Fig. 2.23) corresponds to the membrane
normal bending (in the direction of the applied acoustic force) at which
its vibration amplitude is the highest (Fig. 2.18).
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Figure 2.21: Second resonance mode of the coupled mechanical oscillator
(242 kHz) — the out-of-plane (“parasitic”) motion of the os-
cillator impact arm (deformation not to scale)
Figure 2.22: Third resonance mode of the coupled mechanical oscillator
(301 kHz) — the out-of-plane bending of the oscillator (de-
formation not to scale)
Overall, it is desirable to have resonance frequencies well apart from each
other, so wrong vibration modes cannot be activated accidentally. This
will be discussed in more detail in Section 2.2.5. This allows having wider
working (i.e. safe from accidental activation of other modes) range of the
oscillator. For the presented modes, the difference between the first two
frequencies is 42 kHz. Taking half of this value results in the effective
working range of 180–220 kHz.
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Figure 2.23: Fourth resonance mode of the coupled mechanical oscillator
(422 kHz) — the membrane normal bending (deformation not
to scale)
As will be discussed in Chapter 4, increasing the effective working range of
an oscillator is particularly important when driving it with general purpose
(off-the-shelf as opposed to custom-made) ultrasonic transducers that might
possess relatively wide tolerance values. If such transducers are also narrow-
band, this might complicate the problem further, as small deviations from
the resonance frequency will result in a much weaker signal output. Having
a receiving device able to work in a wider frequency range allows relaxing
the requirements for the transducer and can effectively solve the problem.
2.2.4 Frequency response
Fig. 2.24 shows the simulated frequency response of the coupled mechanical
oscillator (in-plane vibration of the impact arm) under an acoustic force of
7 mN uniformly distributed on the membrane surface (eq. (2.18)). Similarly
to the already discussed analysis of the membrane frequency response, the
quality factor of the system is assumed to be Q = 500.
As seen in Fig. 2.24, the maximum displacement amplitude of the impact
arm in-plane vibrations is 5.1 µm at 200 kHz. Taking into account the
previously calculated pressure reflection coefficient R = 0.17 (eq. (2.38)),
this reduces the effective amplitude to 5.1× (1−R) = 4.2 µm.
The simulated frequency response of the oscillator out-of-plane (“para-
sitic”) vibrations under the same loading conditions is illustrated in Fig. 2.25.
102
2.2. COUPLED MECHANICAL OSCILLATOR
1.0
2.0
3.0
4.0
5.0
6.0
A
m
p l
i t u
d e
 [ µ
m
]
5.1 μm
(200 kHz)
0.08 μm
(242 kHz)
0.2 μm
(301 kHz)
1.1 μm
(422 kHz)
0.0
150 200 250 300 350 400 450 500
Frequency [kHz]
Figure 2.24: Simulated frequency response of the coupled mechanical oscilla-
tor — the maximum in-plane vibration displacement amplitude
of the oscillator impact arm: the amplitude of applied vertical
harmonic force is 7 mN; the quality factor of the system is
Q = 500
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Figure 2.25: Simulated frequency response of the coupled mechanical os-
cillator — the maximum out-of-plane vibration displacement
amplitude of the oscillator impact arm: the amplitude of ap-
plied vertical harmonic force is 7 mN; the quality factor of the
system is Q = 500
As seen in Fig. 2.25, the out-of-plane component is relatively large at
higher resonance modes (with the largest 27.9 µm at the third mode). How-
ever, at the main operating frequency (200 kHz) this is only 0.03 µm, mak-
ing the oscillator impact arm motion nearly planar. In the next section the
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approach to minimize this component even further as well as to move its
corresponding frequency away from the main resonance (to avoid accidental
activation) will be discussed.
The frequency response of the membrane normal vibrations has been
presented earlier in Section 2.2.1, related to the calculation of the system
mechanical impedance (Fig. 2.18).
It is important to note that the calculated here peak amplitude values are
strongly dependent on the simulation parameters. One of these parameters
is damping in the system. As already mentioned, the value of the quality
factor Q = 500 which was assumed during the simulations is based on the
research conducted on MEMS structures similar to the proposed in this
work and operating in the same frequency range (near 200 kHz) [145]. In
that case the dominant energy loss mechanism was squeeze film damping
which is associated with the relative motion of microstructures at small (a
few microns) gas-filled (e.g. air) gaps.
In the present case the damping mechanism is complicated by the mem-
brane interface. The membrane does not only transfer mechanical energy
of incoming acoustic waves to the in-plane motion of the oscillator; it also
hermetically seals the latter. Therefore, it is exposed to a liquid environ-
ment (water or body fluids) from the outer side, while the inner side (with
the oscillator) is located in air (or vacuum). These different media have
different impedance characteristics, resulting in a complicated loading con-
dition on the membrane. This makes the calculation of the system damping
parameters in the design stage difficult.
As the main vibration mode of the membrane occurs at the fourth res-
onance frequency (Fig. 2.18 and Fig. 2.23), it does not affect the in-plane
oscillator motion which occurs at the main resonance. However, the mem-
brane vibration amplitude might decrease due to damping which in turn
would reduce the oscillator motion. At the same time, it would increase
the value of the system mechanical impedance (eq. (2.22)) and provide bet-
ter matching to the tissue, resulting in less energy lost on wave reflections.
Overall, the process is cumbersome to analyse, which emphasizes again the
challenge of estimating loss mechanisms in the system.
Nevertheless, regardless of the damping parameters, the developed FEM
model provides important data that were used during the design optimiza-
tion. As will be discussed in the next section, there are many geometric pa-
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rameters that had to be optimized before the coupled mechanical oscillator
could provide acceptable vibration amplitudes at a specified frequency and
with minimum wave reflections. During the design the simulation-driven
approach was used, which allowed studying various device configurations
under exactly the same loading conditions and hence comparing their be-
haviour relative to each other. This in turn minimized the influence of such
external parameters as damping and acoustic load (radiation force) and al-
lowed focusing on the optimization of the mechanical impedance (to absorb
most of the incoming energy) and useful (in-plane) vibration amplitude.
This will be discussed in more detail in the next section.
2.2.5 Design optimization
In this section the design optimization as well as early stage concepts of the
mechanical oscillator will be discussed. Various designs were developed and
analysed as well as many geometric parameters were optimized in order to
provide the solution with acceptable vibration amplitudes working at a spec-
ified frequency and absorbing most of the incoming ultrasonic energy with
minimum reflections. Several FEM models were developed (Sections 2.2.1
and 2.2.4) in order to perform simulation-driven design and optimization.
This allowed the definition of the most efficient configuration of the coupled
mechanical oscillator before its actual microfabrication, reducing the time
required for prototyping (adding extra devices with different geometry for
future performance tests) and the layout design.
The first (and most straightforward) implementation of an acoustic wave
coupling mechanism is presented in Fig. 2.26. It is a mechanical oscillator
ultrasonically driven through a membrane. As already mentioned, a mem-
brane interface is more favourable for implantable applications and provides
better opportunities in terms of impedance matching as opposed to direct
actuation (Section 2.2.1).
As seen in Fig. 2.26, the planes of the membrane and the oscillator are
perpendicular to each other. The oscillator is suspended from the membrane
at a certain angle, and its optimal value has to be found in order to increase
the coupling efficiency (the efficiency of the membrane-to-oscillator motion
conversion). The other two suspending beams are clamped to the device
frame (not shown).
105
CHAPTER 2. DESIGN AND MODELLING
 
oscillator 
body 
supporting 
beams 
membrane 
acoustic waves 
oscillator 
motion 
oscillator 
motion 
membrane 
motion 
(a) (b) 
interface 
angle 
beam 
clamping 
Figure 2.26: Acoustic wave coupling mechanism with perpendicular
membrane–oscillator planes: (a) the oscillator body is mechan-
ically connected to the membrane and ultrasonically driven
through it; (b) first resonance mode of the system (28 kHz)
corresponds to the in-plane motion of the oscillator body
Although this design is the most straightforward and easy to model, it
has major drawbacks, rendering it pointless for further development. Since
the oscillator plane is oriented perpendicularly to the membrane one, the re-
sulting structure is three-dimensional. This in turn significantly complicates
the microfabrication process, requiring the use of specialized equipment (e.g.
for wafer bonding, packaging etc.) or performing cumbersome process op-
timization. Another problem is related to the unused space, making the
device height larger than necessary (0.5 mm in Fig. 2.26). Theoretically the
problem of unused space could be solved using several oscillators on top of
each other (and increasing the coupling efficiency), but this would make the
device fabrication even more complicated.
A more advanced design is shown in Fig. 2.27 and Fig. 2.28. This is an
in-plane configuration, where the planes of the membrane and the oscillator
are parallel to each other. The critical part of the system is the coupling
beams mechanically connecting the membrane to the oscillator body. They
are located asymmetrically against the membrane centre, providing me-
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chanical amplification by converting the membrane normal vibrations to
the oscillator body (impact arm) in-plane motion. 
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Figure 2.27: In-plane configuration of the acoustic wave coupling mechanism
with parallel membrane–oscillator planes — perspective view
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Figure 2.28: In-plane configuration of acoustic wave coupling mechanism
with parallel membrane–oscillator planes — top view (mem-
brane not shown)
The number of coupling beams can vary as well as the location (e.g. at
the end of the oscillator body, as in Fig. 2.28). Their configuration directly
affects the vibration behaviour of the whole system (resonance frequency,
vibration amplitude, mechanical conversion efficiency), and in order to ob-
tain certain values of the system mechanical impedance, detailed simulation
and optimization are required. Fig. 2.29 illustrates the first resonance fre-
quency (200 kHz) of the system. Higher resonance modes are similar to
the ones presented earlier in Section 2.2.3. Note the absence of perforation
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holes in the oscillator body (unlike in Fig. 2.20) which is due to the fact
that this is only an intermediate design and it has never come to the stage
of prototyping and fabrication.
Figure 2.29: First resonance mode of the in-plane configuration of acoustic
wave coupling mechanism with parallel membrane–oscillator
planes (200 kHz) (deformation not to scale)
As seen in Fig. 2.29, the motion of the oscillator impact arm is not purely
in-plane. This is due to relatively stiff coupling elements connecting the
impact arm to the membrane. In order to reduce their stiffness and obtain
more planar motion, these coupling elements should be made thinner or
longer (in Fig. 2.27 they are 10 µm × 10 µm across and 65 µm long).
Fig. 2.30 shows the simulated frequency response of this configuration (im-
pact arm vibrations) under an acoustic force of 7 mN uniformly distributed
on the membrane surface. Similarly to the previous analysis (Section 2.2.4),
the quality factor of the system is assumed to be Q = 500.
As seen in Fig. 2.30, at the main operating frequency (200 kHz) the
out-of-plane (“parasitic”) vibration component is relatively large (3.5 µm)
compared to the in-plane one (7.8 µm). Although the coupling elements are
long enough (65 µm) to accommodate this out-of-plane motion, it might
reduce the efficiency of an oblique mechanical impact in the next stage
(Section 2.3.3).
Another issue is associated with the second resonance mode (224 kHz)
which corresponds to the purely out-of-plane vibrations of the impact arm
(as in Fig. 2.21). At 224 kHz the amplitude of these vibrations is 10 µm,
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Figure 2.30: Simulated frequency response of the coupled mechanical os-
cillator — maximum vibration displacement amplitude of the
oscillator impact arm: the amplitude of applied vertical har-
monic force is 7 mN; the quality factor of the system is Q = 500
which outperforms the in-plane motion at the main operating frequency
(7.8 µm at 200 kHz). Since the first two resonance modes are located rel-
atively close to each other (frequency difference of 24 kHz), there is a high
probability of accidental activation of the second one, which might reduce
the overall system performance or render in completely nonfunctional. The
effective working range of the coupled mechanical oscillator in this configu-
ration is 190–210 kHz.
Finally, the system mechanical impedance in this configuration is calcu-
lated by analysing the frequency response of the membrane normal vibra-
tions. The response graph resembles closely the one previously discussed in
Section 2.2.1 (Fig. 2.18). In the present case the vibration velocity ampli-
tude at 200 kHz is 0.14 µm. This gives the following value of the system
mechanical impedance (eq. (2.22)):
ZM2 = 0.04 kg/s. (2.40)
Using this and the value of the acoustic impedance obtained in Section 2.2.1
(as the membrane surface area in this configuration is the same) gives the
following pressure reflection coefficient:
R2 =
ZM2 − ZA
ZM2 + ZA
= −0.67. (2.41)
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Therefore, the power reflection coefficient RΠ2 is:
RΠ2 = |R22| = 0.45. (2.42)
This makes nearly half of the incoming acoustic energy reflect back to
the source, reducing the effective displacement amplitude to 2.6 µm which
requires further optimization.
As already mentioned, the overall system performance strongly depends
on the stiffness of the coupling elements. These have to be made longer or
thinner in order to reduce the out-of-plane (“parasitic”) vibrations, increase
the in-plane vibration amplitude, and facilitate an oblique mechanical im-
pact in the next stage (Section 2.3.3). However, this is associated with
significant difficulties in the microfabrication process, similar to the ones
presented for the first design. The 10 µm × 10 µm across and 65 µm
long coupling elements (Fig. 2.27) already result in a relatively high (for a
planar structure) aspect ratio of 6.5:1, increasing which might bring addi-
tional challenges. Reducing feature sizes in MEMS structures is also limited
by lithographic resolution which is nearly 10 µm (reproducible and mask
independent) for the laboratory equipment used (Chapter 3).
With the aim of making the device manufacturable (reduce its overall
height and remain two-dimensional) as well as improve its performance (re-
duce wave reflections and increase the in-plane vibration amplitude) the
design of the coupled mechanical oscillator was further optimized. The
main challenge was to reduce the stiffness of the coupling, and yet remain
the membrane and the oscillator body mechanically connected. The prob-
lem was successfully solved by adding a soft and flexible coupling beam
structure to the oscillator body (Fig. 2.31 and Fig. 2.32). This significantly
reduced the coupling stiffness and minimized the out-of-plane (“parasitic”)
vibrations providing nearly in-plane motion of the oscillator impact arm.
During the design stage most of the geometric parameters of the mechan-
ical oscillator were optimized using the developed FEM model. The crite-
rion for optimization was to provide acceptable vibration amplitudes at a
specified operating frequency (200 kHz), while at the same time having min-
imum wave reflections (by obtaining proper values of the system mechanical
impedance). A series of FEM models implementing different configurations
was created and simulated. For each of the optimization runs, only one ge-
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Figure 2.31: Coupled mechanical oscillator driven by acoustic waves — lat-
est design: it is based on the in-plane configuration shown in
Fig. 2.27 having an additional coupling beam structure at the
end of the oscillator body
oscillator bodycoupling beam
coupling elements
Figure 2.32: Detailed view of the coupling beam structure: coupling ele-
ments that mechanically connect the membrane to the oscilla-
tor body are located at the ends of a flexible beam structure
(in yellow)
ometric parameter was varied, while all the others were fixed. The optimal
geometry of the coupled mechanical oscillator in Fig. 2.31 is illustrated in
Appendix A.2. Since the critical part of the system is coupling elements
mechanically connecting the membrane to the oscillator body, their optimal
position against the membrane centre was found as well.
It is desirable to have a membrane with larger surface area, so it can
capture more incoming ultrasonic energy. Normally this would result in
higher vibration amplitude (due to the reduced stiffness) as well as the force
experienced by the membrane (due to the increased surface area). However,
because it is connected to the oscillator, the resulting response might get
more complicated affecting the value of the mechanical impedance.
Membrane thickness is also of great importance since a thinner membrane
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allows conversion of more captured energy into oscillator vibrations increas-
ing the overall efficiency. However, its increased vibration amplitude (due to
the reduced stiffness) results in a lower value of the mechanical impedance
and hence potential reflections and energy losses. Overall, this emphasizes
again the challenge of building a system providing acceptable vibration am-
plitudes at a specified frequency and with minimum wave reflections.
The receiving membrane in the latest oscillator design has an area of
0.5 mm2 and is 15 µm thick, while the oscillator body is 30 µm thick, and the
coupling elements are 6 µm long. This results in an overall device height of
51 µm which is more compact and hence easier to fabricate than previously
discussed one (Fig. 2.27). All the beams (supporting and coupling) are
10 µm wide, which further facilitates their manufacturing. Other geometric
parameters and their values are listed in Appendix A.2. It is this oscillator
geometry that was fabricated (Chapter 3) and experimentally characterized
(Chapter 4). The harmonic analysis and the frequency response of the final
structure have been analysed and discussed earlier in Sections 2.2.3 and
2.2.4 respectively.
In the following section the next step of the ultrasonically driven wireless
actuation which is the conversion of oscillator vibrations into an actuator
stepwise motion through oblique mechanical impact will be discussed.
2.3 Stepper microactuator
As previously discussed in Section 1.3.1 of Chapter 1, the proposed sys-
tem of ultrasonically powered therapeutic actuation consists of two main
parts: the coupled mechanical oscillator driven remotely by ultrasound en-
ergy transfer, and a movable mechanism driven through mechanical impact
and performing useful operation. The first part has already been presented
and its operating principles and design challenges have been discussed. This
section will focus on the second part of the system — the stepper microactu-
ator. Its operating principles will be discussed, main design parameters that
directly affect the system behaviour will be described, and the preliminary
simulation will be performed.
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2.3.1 Design considerations
In order to convert mechanical vibrations into useful motion for performing
therapeutic functions, impact actuation is proposed (Fig. 2.33). A system
utilizing such a mechanism normally consists of two main parts: an oscil-
lating body and a sliding device. During the operation the oscillator hits
the slider at a certain angle and transforms some of its mechanical energy
to it. This results in a slider displacement by a small discrete step. The
repetitive nature of oscillator vibrations therefore results in a net stepwise
motion of the slider.
slider (actuator)
slider
suspension
oscillator
slider
motion
oscillator
motion
slider
motion
Figure 2.33: Stepper microactuator driven by four oscillators through
oblique impact: ultrasonically driven oscillators vibrate and
hit the slider with their impact arms, resulting in its stepwise
motion; the slider is suspended on four soft springs to facilitate
its in-plane motion
Impact actuation can deliver relatively large displacements from small-
amplitude vibrations (e.g. up to 100:1 for a MEMS device [126]), providing
at the same time submicron position accuracy. In addition, the discrete
(stepwise) nature of the resulting motion makes it easier to control by ad-
justing the number of impacts instead of using complicated mechanisms
(e.g. fibre-optical or capacitive displacement sensors).
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The first prototype is a one degree-of-freedom actuator providing forward
motion of the slider (Fig. 2.33). All four impacting oscillators are facing
the same direction and designed to respond simultaneously at the same fre-
quency (200 kHz). Four oscillators (in two pairs with oscillators located
symmetrically on the opposite sides of the slider) are used to increase the
energy transferred during an impact (and hence the slider step size) and
provide rectilinear slider motion (i.e. minimizing lateral motion and wob-
bling). A system with two (one pair) oscillators was also designed to study
how the number of these affects the slider behaviour. This will be discussed
in more detail in Section 2.3.3.
As seen in Fig. 2.33, the first prototype of the stepper microactuator is
not connected to any load (medical device) as it is designed only to prove
the concept of converting ultrasonic energy into useful mechanical motion.
This makes its behaviour challenging to characterize quantitatively without
significant complication of the design. Therefore, the first prototype will
incorporate a mechanical latch at one of its ends to provide evidence of
actuation (Fig. 2.34).
latch
latch
suspension
support
(substrate)
release hole
slider
suspension
slider motion
10 m
slider
Figure 2.34: A mechanical latch for the characterization of the slider motion:
it is designed to trigger after the slider travels 10 µm; it can
then be released with a sharp object (e.g. a needle tip) through
a hole in its centre
To prevent the slider from falling off the substrate surface and to facilitate
its in-plane motion, it is suspended on four springs (Fig. 2.33). The latter
affects the slider motion by returning it back to the original position. To
minimize this, the stiffness of the springs has to be reduced, which will be
addressed in the next section.
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Adding extra degrees of freedom to the slider is also possible. By plac-
ing additional oscillators facing the opposite directions, a forward–backward
slider motion can be obtained. However, the operating frequency of oscil-
lators has to be properly defined for their selective actuation. If for the
one degree-of-freedom system the most straightforward choice is the first
resonance mode (200 kHz in the present case), the two degree-of-freedom
system is more complicated.
Depending on the actuator design this can be a set of two resonance
modes (including higher harmonics) [146] or two fundamental frequencies of
slightly different devices [118,119]. By designing the forward and backward
impacting oscillators with different resonance modes, they can be selectively
actuated by changing the frequency of the incoming signal. In any case it is
required to design narrow-band resonating systems, so that their frequencies
do not overlap and the actuation is reliable and reproducible.
As will be discussed in Chapter 4, the characterization of first experimen-
tal samples of the stepper microactuator was not yet successful. Therefore,
in the next sections the preliminary simulation will be performed and ma-
jor design challenges of impact actuation will be addressed with the aim of
facilitating its deeper experimental analysis in the later stage.
2.3.2 Harmonic analysis
Since the actuator is a slider suspended on four springs it is important to
analyse how the geometry of this suspension affects the system behaviour.
Fig. 2.35 illustrates two lowest in-plane resonance modes (the third and the
fifth) of the slider.
As seen in Fig. 2.35, the resonance frequency corresponding to the slider
forward motion (15.8 kHz) is more than one order of magnitude lower than
that of impact actuation (200 kHz). This indicates that the slider suspension
is relatively soft. However, as will be demonstrated in the next section, in
order to facilitate impact actuation in certain slider configurations, it may
be required to reduce the the stiffness of the springs further.
Following eq. (2.26) this can be achieved by decreasing the width or in-
creasing the length of the springs (in Fig. 2.35 these are 50 µm and 2 mm
respectively). The latter will increase the overall size of the device, how-
ever, the same effect can be achieved by using serpentine configuration [147].
115
CHAPTER 2. DESIGN AND MODELLING
Figure 2.35: Harmonic analysis of a slider suspended on four springs — in-
plane resonance modes: (a) third resonance (15.8 kHz) corre-
sponding to the forward motion; (b) fifth resonance (18.7 kHz)
corresponding to the lateral bending
Another approach is to reduce the number of parallel springs.
In the next section the dynamics of an oblique mechanical impact along
with important parameters will be discussed.
2.3.3 Impact dynamics
When two rigid bodies collide at an oblique angle, impulses in tangential
and normal directions are generated at the contact point (Fig. 2.36) [148].
In Fig. 2.36 (x, y) and (ζ, γ) are the coordinate systems defining positions
of the impact arm and the slider respectively. The coordinate systems are
rotated relative to each other by the angle θ which is the impact angle. The
distance c is the gap between the rest position of the impact arm and the
slider measured along the x-direction. At x < c there is no impact, and at
x = c the impact arm collides with the slider.
In order to simplify the analysis of the impact dynamics, several assump-
tions are made:
1. the impact arm and the slider are completely rigid bodies;
2. the out-of-plane (“parasitic”) motion components of the impact arm
and the slider are negligible;
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impact arm
slider
Pt
Pn

c
direction of impact
xy


Figure 2.36: Oblique mechanical impact: two major parameters that define
the overall impact dynamics are the impact angle θ and the
impact arm–slider initial gap c
3. the impact arm (oscillator body) is modelled as a single mass–spring–
damper system uncoupled from the membrane;
4. the slider moves in the ζ-direction only, i.e. its suspension prevents
any lateral motion;
5. a collision between the impact arm and the slider occurs instanta-
neously.
Given these assumptions, the equation of motion of the impact arm (os-
cillator body) in the x-direction can be written as:
mex¨+ bx˙+ kex = F (t), (2.43)
where me is the effective mass of the oscillator body (taking into account its
four-beam suspension, Appendix A.1), b is the damping constant (eq. (2.29)),
ke is the effective spring stiffness (taking into account membrane coupling),
and F (t) is the external driving harmonic force (F (t) = Fecos(ωt), where
Fe is the effective force amplitude, giving the same vibration amplitude as
that of the coupled oscillator, Fig. 2.24).
It is assumed that the membrane coupling does not influence the effective
mass of the oscillator me. Therefore, the effective spring stiffness ke can be
calculated as:
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ω =
√
ke
me
⇒ ke = ω2me = (2pif)2me. (2.44)
In the above equations f is the designed operating frequency of the oscillator
(200 kHz). The parameters of the oscillator motion are then the following:
me = 3.1 · 10−9 kg, (2.45)
Q = 500 ⇒ b = 7.8 · 10−6 kg/s, (2.46)
ke = 4.9 · 103 kg/s2, (2.47)
Fe = 0.05 mN. (2.48)
The equation of motion of the slider in the ζ-direction is the following:
Meζ¨ +Bζ˙ +Kζ = 0, (2.49)
where Me is the slider effective mass (Me = 1.7 · 10−8 kg), B is the damp-
ing constant (discussed below), and K is the spring stiffness of the slider
suspension (K = 60.9 kg/s2).
In the presence of impact (x = c) eq. (2.43) is no longer valid since it does
not take into account impulses generated during a collision. The dynamic
behaviour of the system becomes nonlinear [149], and some simplifying as-
sumptions have to be made in order to extend the formulation and include
impact analysis. An oblique impact is therefore modelled with restitution
in the γ-direction and momentum transfer in the ζ-direction [149]. This
gives respectively [119]:
v+sinθ = −ev−sinθ, (2.50)
mev
+cosθ +MeV
+ = mev
−cosθ +MeV −, (2.51)
where v− and v+ are the impact arm velocities before and after an impact
respectively, V − and V + are the slider velocities before and after an impact
respectively, and e is the coefficient of restitution (e = 0.5 is assumed as
discussed below).
Substituting eq. (2.50) into eq. (2.51) gives the following expression for
the slider velocity after an impact:
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V + = V − +
me
Me
(1 + e)v−cosθ. (2.52)
For analysing the overall dynamic behaviour of the system before and
after an impact, eqs. (2.43) and (2.49) should to be solved together. During
an impact the boundary conditions of these differential equations change
according to eqs. (2.50) and (2.52) to account for the energy transfer between
the impact arm and the slider. The problem can then be solved numerically
with MATLAB Simulink. A model shown in Appendix A.3 was developed
for this purpose. The results of the modelling are discussed below.
Fig. 2.37 illustrates impact arm free oscillations (with no collision with the
slider) over time. As seen in Fig. 2.37 (b), with the quality factor Q = 500
it takes nearly 5 ms for the arm to reach the desired amplitude of 5 µm
(Section 2.2.4).
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Figure 2.37: Impact arm free oscillations — position in the x-direction over
time (quality factor Q = 500): (a) first 0.1 milliseconds; (b)
first 5 milliseconds (after which the impact arm reaches desired
amplitude of 5 µm)
Fig. 2.38 shows the dynamics of impact actuation (slider position and
velocity in the ζ-direction over time). The impact angle is θ = 45◦ and the
arm–slider initial gap is c = 3 µm. Note that these graphs are presented for
illustrative purposes only with the aim of demonstrating stepwise nature of
the slider motion. In this case it is assumed that the slider has no suspension
(K = 0) and sits on a substrate surface instead. It is free to move in the
ζ-direction only (as it would be guided by a flange [119,126]).
In order to bring the slider into motion, the tangential impulse compo-
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nent (Pt in Fig. 2.36) applied to its wall during an impact has to be large
enough to overcome static friction between the slider and the substrate. Af-
ter an impact the slider continues moving until it is stopped due to dynamic
friction. The coefficients of static and dynamic friction are difficult to pre-
dict analytically in the design stage [119, 126]. Therefore, for illustrative
purposes, instead of modelling the friction it was assumed that the losses
are solely due the damping in the system. An arbitrary value of the slider
damping constant (B = 0.05 kg/s, just enough to bring its velocity to zero
before the next impact) was taken.
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Figure 2.38: Impact dynamics — slider position (a) and velocity (b) in the
ζ-direction over time (the impact angle is θ = 45◦ and the arm–
slider initial gap is c = 3 µm; it is assumed that the slider is
not suspended, giving K = 0, and that its damping constant
is B = 0.05 kg/s)
As seen in Fig. 2.38 (a), the slider position over time exhibits stepwise
behaviour. This is due to its nearly instantaneous acceleration during an
impact followed by rapid deceleration due to strong damping in the system
(or friction as it would be in the real system). The latter is well observed in
Fig. 2.38 (b): after each impact (velocity spike) the slider velocity rapidly
reduces (before the next impact occurs), which prevents it from acquiring
net acceleration.
As already mentioned, an oblique impact is modelled with restitution
in the γ-direction. This indicates that after each collision the impact arm
looses part of its momentum, which is strongly dependent on the coefficient
of restitution e (eq. (2.50)). The latter is another parameter which is diffi-
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cult to estimate analytically. It has been experimentally observed that the
coefficient of restitution depends on the impact speed (hence the operating
frequency) as well as the impact angle [148]. The coefficient e = 0.5 [149]
was assumed throughout all the simulations, being a reasonable estimate in
the early stage.
The momentum lost by the impact arm due to a collision is responsible for
the unstable behaviour (uneven steps) of the slider observed in Fig. 2.38 (a).
It is possible to see that after nine impacts the arm loses so much energy so
the next several cycles occur without any collision. After the arm acquires
enough momentum and reaches the slider, impact actuation resumes. From
Fig. 2.38 (a) the average slider step size (over 11 impacts) is 0.02 µm.
For the next simulation, a more realistic value of the slider damping con-
stant B was calculated. As in the proposed system the slider is suspended
above the substrate, its motion will be damped due to the air drag under-
neath its bottom surface (Couette flow [119]). The damping constant is
then given by [119]:
B = µ
A
d
, (2.53)
where µ is viscosity of air (µ = 18 µPa·s [119]), A is the slider surface area
(A = 0.17 mm2), and d is the gap between the slider and the substrate
(d = 6 µm, Chapter 3). The damping constant is therefore:
B = 5.1 · 10−7 kg/s. (2.54)
In order to simplify analysis of the impact dynamics, the suspension of
the slider is assumed so soft (K → 0) that it does not affect its behaviour.
The model taking into account the real four-spring slider suspension and its
stiffness will be developed and compared to that below.
Fig. 2.39 shows the dynamics of impact actuation (slider position and
velocity in the ζ-direction over time) with a more realistic value of the
slider damping constant B. As in the previous simulation the impact angle
is θ = 45◦ and the arm–slider initial gap is c = 3 µm.
As seen in Fig. 2.39 (a), the nature of the slider motion is no longer
stepwise. This is attributed to much lower damping in the system than pre-
viously simulated (Fig. 2.38). As Fig. 2.39 (b) illustrates, with low damping
the slider velocity does not decrease rapidly enough during the oscillation
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Figure 2.39: Impact dynamics — slider position (a) and velocity (b) in the
ζ-direction over time (the impact angle is θ = 45◦, the arm–
slider initial gap is c = 3 µm, the slider damping constant
is B = 5.1 · 10−7 kg/s, and the stiffness of its suspension is
assumed K → 0)
cycle, so that it builds up after each impact in a stepwise manner. Overall,
this results in the slider acceleration over time and hence in the significant
increase of its travel distance. The latter is 68 µm after 11 impacts, giving
the average slider step size of 6.2 µm (though it might be more appropriate
to estimate the average velocity increment which is 49 mm/s per impact).
Finally, the most realistic case with actual values of the slider damping
constant B as well as the stiffness of its suspension K is analysed. Fig. 2.40
shows the dynamics of impact actuation (slider position and velocity in the
ζ-direction over time) with the impact angle θ = 45◦ and the arm–slider
initial gap c = 3 µm.
As seen in Fig. 2.40, the slider suspension plays a critical role in the
overall impact dynamics. In Fig. 2.40 (b) it is still possible to observe
stepwise nature of the slider velocity, however only for the first few impacts.
After the slider reaches a certain position it springs back and starts its own
oscillations (with the period Tslider = 0.11 ms). The frequency of these
oscillations is therefore fslider = 1/Tslider = 9.1 kHz; with the difference to
that previously simulated (15.8 kHz, Fig. 2.35) being most likely attributed
to impact actuation.
More importantly, the profile in Fig. 2.40 (a) indicates that the maximum
distance that the slider travels before springing back on its suspension is
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Figure 2.40: Impact dynamics — slider position (a) and velocity (b) in the
ζ-direction over time (the impact angle is θ = 45◦, the arm–
slider initial gap is c = 3 µm, the slider damping constant
is B = 5.1 · 10−7 kg/s, and the stiffness of its suspension is
K = 60.9 kg/s2)
6.4 µm. This is not enough to trigger the latch which requires a travel range
of at least 10 µm (Fig. 2.34). Therefore, more efficient actuation is required
which can be achieved by increasing the number of driving oscillators and
hence the energy transferred during an impact. In this case the expression
of the slider velocity after an impact (eq. (2.52)) changes to:
V + = V − + n
me
Me
(1 + e)v−cosθ, (2.55)
where n is the number of impacting oscillators. Note that eq. (2.55) is
valid only making an assumption that impacts from several oscillators occur
simultaneously. The opposite case is more complicated and will be discussed
below.
Fig. 2.41 illustrates how the impact dynamics (slider position in the ζ-
direction over time) are affected by changing the number of impacting os-
cillators. As seen from the graphs, the maximum travel range scales pro-
portionally to the number of oscillators (6.4 µm, 12.8 µm, and 25.6 µm for
one, two, and four oscillators respectively).
Therefore, having more than one oscillator allows the slider to reach the
travel distance required to trigger the latch. Hence, the first prototype
of the slider was implemented in two configurations: with two and four
driving oscillators. They are located symmetrically on the opposite sides of
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Figure 2.41: Impact dynamics — position of the slider in the ζ-direction over
time driven simultaneously by various number of oscillators (all
the parameters are as of Fig. 2.40): dashed line at x = 10 µm
indicates the travel distance required to trigger the latch
the slider (Fig. 2.33) in order to balance the normal impulse components
(Pn in Fig. 2.36) and hence prevent its lateral motion and wobbling.
As already mentioned, the impact angle (θ in Fig. 2.36) is one of the major
parameters that affect the overall impact dynamics. Fig. 2.42 illustrates how
the slider position in the ζ-direction changes over time when it is driven
simultaneously by two oscillators at various impact angles.
As seen in Fig. 2.42, smaller impact angle results in larger travel range of
the slider (though at the cost of reduced normal impulse component). The
maximum travel distances of the slider in Fig. 2.42 are 9.1 µm, 12.8 µm,
and 15.7 µm for the impact angles of 60◦, 45◦, and 30◦ respectively.
The impact angle defines the ratio between the tangential (frictional) and
the normal (compressional) impulse components generated during a colli-
sion. As seen in Fig. 2.42, at smaller angles the travel distance of the slider
is higher. However, the model does not take into account any friction be-
tween colliding bodies. Smaller impact angles result in the reduced normal
impulse component, which has to be large enough so that the impact arm
does not slip over the slider sidewall without transferring energy to it. More
generally, this is defined by constraints to differential impulse components
governed by Coulomb’s law (since differential impulses are forces) [148].
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Figure 2.42: Impact dynamics — position of the slider in the ζ-direction
over time driven simultaneously by two oscillators at various
impact angles (the arm–slider initial gap is c = 3 µm, other
parameters are as of Fig. 2.40): dashed line at x = 10 µm
indicates the travel distance required to trigger the latch
Three possible cases are then summarized as follows:
stiction (no sliding): |dPt| < µs · dPn (2.56)
sliding impending: |dPt| = µs · dPn (2.57)
sliding: |dPt| = µk · dPn (2.58)
where dPt and dPn are differential impulses in tangential and normal direc-
tions respectively, while µk and µs are kinetic and static friction coefficients
respectively.
Therefore, knowing frictional properties of colliding bodies is important
as they will define the optimal value of the impact angle. As the real values
of µk and µs are unknown, the first prototype was implemented with the
angle of 45◦ which gives balanced values of the impulse components. As
will be discussed in Chapter 4, this might not be the best configuration and
other impact angles should also be considered in future prototypes.
Another important parameter is the initial gap between the impact arm
and the slider. At larger gaps the collision velocity of the arm is lower,
while the time period between consecutive impacts is longer. Therefore, a
smaller gap is more desirable for maximum energy transfer between colliding
bodies [119,126].
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Taking into account the values of the impact arm vibration amplitude
previously calculated in Section 2.2.4 (5.1 µm reducing to 4.2 µm due to
reflections), several configurations with various impact arm–slider gaps were
designed. The values of the latter are 2 µm, 3 µm, 5 µm, 7 µm, and 10 µm
which provides a reasonably wide range for experimental characterization.
Note that a 2 µm gap is a practical limit for the laboratory equipment used,
requiring high quality masks and considerable effort to obtain reproducible
results (Chapter 3).
When deriving eq. (2.55) it was assumed that impacts from several os-
cillators occur simultaneously (i.e. in-phase operation). This assumption
is valid only when resonance frequencies of fabricated devices are close to
each other. As will be discussed in Chapter 4, due to fabrication inconsis-
tencies this is not always the case. In addition, peak vibration amplitudes of
various oscillators might be different as well (Fig. 2.43), which complicates
the problem even further. Therefore, additional measures (other than plac-
ing the oscillators in pairs) might be required to provide rectilinear slider
motion and improve its stability.
One of the ways to balance the vibratory impacts from several oscillators
is to select a point in their frequency responses, where they have same am-
plitudes (Fig. 2.43). For slightly shifted resonance curves (which is the case
if only fabrication tolerances are concerned), this point lies on their intersec-
tion. However, for narrow-band devices, this might significantly reduce the
value of the vibration amplitude, so considerable design effort is required
to address this issue. In addition, measuring actual frequency responses
of various oscillators might be a challenging task as will be discussed in
Chapter 4. Finally, this technique is much less applicable to systems with
more than two oscillators.
It is interesting to note that technique shown in Fig. 2.43 can also be ap-
plied to adding extra degrees of freedom to the system. Thus, two different
oscillating devices can be actuated at their corresponding peak frequencies,
while the third frequency (on the intersection of their responses) can actuate
both devices simultaneously. This in turn provides three degrees of freedom
to the system (e.g. left/right turns and a straight advance as in [118]).
Overall, as already mentioned, several system parameters (e.g. coefficient
of restitution and frictional constants) are difficult to predict analytically in
the design stage. Therefore, initial design constraints might be inaccurate,
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Figure 2.43: Frequency responses of two similar oscillating structures: due
to fabrication inconsistencies the response curves are not iden-
tical; selecting a frequency on the intersection of the response
curves (f0) provides equal amplitudes (though reduced) for
both devices
and in order to provide more realistic requirements, experimental charac-
terization is required. This will be discussed in more detail in Chapter 4.
2.4 Chapter summary
Summarized below are the main points on the design and the modelling of
ultrasonically driven stepper microactuators discussed in this chapter.
The technique of modelling ultrasonic transducers based on the Mason’s
equivalent circuit for piezoelectric material has been presented. Based on
this, the velocity on the radiating surface of the experimental transmitter
has been obtained. Solving the Rayleigh integral numerically, the pressure
field generated by the transmitter in the thickness extensional mode (1 MHz)
has been calculated. As for the radial mode (200 kHz), the experimental
data have been used. Then, the acoustic force exerted on the 0.5 mm2
receiving membrane has been calculated. The obtained value (7 mN) has
been used in the analysis of the receiver frequency response.
The first part of the proposed system of ultrasonically powered therapeu-
tic actuation is the coupled mechanical oscillator. Its latest prototype is
implemented in the in-plane configuration, where the planes of the mem-
brane and the oscillator are parallel to each other. The critical part of
the system is coupling elements mechanically connecting the membrane to
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the oscillator body. These elements are located asymmetrically against the
membrane centre, providing the conversion of the membrane normal vibra-
tions to the oscillator body (impact arm) in-plane motion.
To calculate the mechanical impedance of the proposed system, an FEM
model to study its frequency response was developed. This resulted in the
system mechanical impedance of 0.28 kg/s for the latest prototype. Com-
paring this to the specific acoustic impedance of the receiving membrane
(0.2 kg/s), it has been found that only 3% of the incoming acoustic energy
is lost on reflections, indicating good impedance matching.
The harmonic analysis of the coupled mechanical oscillator was performed.
The first resonance mode (200 kHz) corresponds to the in-plane motion of
the oscillator impact arm. The second resonance mode corresponds to the
out-of-plane (“parasitic”) component of the impact arm motion and has to
be minimized for reliable operation. It has been discussed that it is desir-
able to have resonance frequencies well apart from each other, so that wrong
vibration modes cannot be activated accidentally.
The analysis of the frequency response of the coupled mechanical oscilla-
tor showed that the maximum response peak in useful oscillator vibrations
(in-plane, 5.1 µm reducing to 4.2 µm due to reflections) occurred at 200 kHz,
while at the same frequency the out-of-plane component was only 0.03 µm,
indicating that the oscillator impact arm motion was nearly planar.
The second part of the proposed system of ultrasonically powered actua-
tion is the stepper microactuator. In order to convert mechanical vibrations
into useful motion, a system using impact actuation has been presented.
The first prototype of the stepper microactuator is a one degree-of-freedom
slider suspended on four springs. To increase energy transferred during an
impact and provide rectilinear motion, it is driven by several oscillators.
In order to analyse the dynamics of a collision between the oscillator and
the slider, several models were developed and then solved numerically. As
have been discovered, the slider suspension plays critical role in the overall
impact dynamics. After reaching certain position (6.4 µm) the slider springs
back and starts its own oscillations. It has been shown that the maximum
travel distance can be increased to 12.8 µm and 25.6 µm by increasing the
number of driving oscillators to two and four respectively. These were the
two configurations that were designed and implemented.
Major parameters of the impact dynamics have been discussed. One of
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them is the impact angle which defines the ratio between the tangential and
the normal impulse components generated during a collision. In the first
prototype the angle of 45◦ was chosen in order to balance these components.
Another important parameter is the gap between the impact arm and the
slider. It has been discussed that smaller gaps are more desirable for maxi-
mum energy transfer between two colliding bodies. Taking into account the
previously calculated values of the impact arm vibration amplitude, several
configurations with various impact arm–slider gaps (2 µm, 3 µm, 5 µm,
7 µm, and 10 µm) were designed.
Finally, the conclusion has been drawn that several system parameters
(e.g. coefficient of restitution and frictional constants) are difficult to pre-
dict analytically in the design stage. Therefore, initial design constraints
might be inaccurate, and in order to provide more realistic requirements,
experimental characterization is required.
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3 Fabrication
This chapter describes the process flow of stepper microactuator fabrication.
It includes layout design on the level of a single die as well as the level of
the whole wafer. In addition, the chapter presents the detailed flow with de-
scription of intermediate steps and results as well as fabrication challenges,
quality control, alternative techniques, and process optimization. The most
important steps are discussed in more detail along with the physical pro-
cesses behind them.
3.1 Process flow with double SOI wafer
3.1.1 Fabrication steps
The experimental samples were made with standard microfabrication tech-
niques on a 4-inch double SOI (silicon on insulator) wafer (with top device,
top buried oxide, middle device, middle buried oxide, and handle layer thick-
nesses of 30 µm, 6 µm, 15 µm, 2 µm, and 500 µm respectively) acquired
from Ultrasil Corporation (USA). The fabrication process consists of six
major steps and involves processing the wafer from both sides (Fig. 3.1).
First, the photoresist is spin coated and patterned on the wafer back
side (step 1) in order to form cavities for future membranes by the DRIE
(deep reactive-ion etching, described below) of silicon (step 2). The buried
oxide layer acts as an effective etch stop mechanism. The wafer device layer
(front side) accommodates oscillators as well as other structures such as
sliders, supporting springs, and latches. These are made by spin coating
and patterning of the photoresist (step 3) followed by the DRIE of silicon
(step 4). After removing the photoresist, the middle buried oxide layer is
etched away in a RIE (reactive-ion etching) system in order to reveal silicon
membranes (step 5). The wafer is then cleaned and diced.
Each die is 8.5 mm × 8.5 mm and contains four (or two) oscillators along
with the slider suspended on four springs and the latch (Fig. 3.2). Indi-
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Figure 3.1: Process flow with double SOI wafer
vidual dies are loaded into the HF/ H2O vapour phase etch system (using
40% hydrofluoric acid solution) for microstructure release (step 6). This
is the step where the mechanical coupling between the membrane and the
oscillator body is formed. Fig. 3.3 shows the coupled mechanical oscillator
after fabrication. SEM (scanning electron microscope) images throughout
all the experiments were obtained with the LEO 1450VP SEM (LEO Elec-
tron Microscopy Ltd, UK).
Figure 3.2: A single 8.5 mm × 8.5 mm die containing four oscillators, the
slider suspended on four springs, and the latch
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Figure 3.3: SEM image of the fabricated coupled mechanical oscillator
All these fabrication steps along with their intermediate results, issues,
and challenges are described below in more detail.
Deep reactive-ion etching
Deep reactive-ion etching (DRIE) is a high aspect-ratio method for silicon
etching and is a key process in the fabrication of MEMS devices. It utilizes
a high-energy ICP (inductively coupled plasma) source and an alternat-
ing process (Bosch process) of silicon etching followed by protective layer
deposition (Fig. 3.4) [150].
mask (resist / oxide)
......
SF6 plasma SF6 plasma SF6 plasma SF6 plasmaC4F8 plasma C4F8 plasma
0 1 2 1 2 1 1
Figure 3.4: Deep reactive-ion etching (DRIE) — Bosch process [150]
After the mask is patterned (step 0, Fig. 3.4) a shallow trench is formed
isotropically (etch step 1). SF6 gas (Sulfur hexafluoride) is used in high-
energy plasma for silicon etching. During the next step (passivation step 2)
the gas is switched to C4F8 (Octafluorocyclobutane), and the protective
fluorocarbon layer is formed everywhere. Then, the gas is switched back
to SF6, and the process repeats. The presence of argon gas in the cham-
ber enhances physical ion bombardment of the sample surface. Therefore,
the protective layer is removed from all horizontal surfaces (leaving side-
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walls protected), and another trench is formed. This alternating process is
repeated until the desired etching depth is reached.
Using the alternating two-step Bosch process allows achieving high anisotropy
with aspect ratios of up to 30:1 (sidewall angles of 90◦ ± 2◦), high mask se-
lectivities (50–100:1 and 120–200:1 for photoresist and silicon dioxide masks
respectively), and silicon etch rates in the order of 2–3 µm/min [151].
As will be discussed later, the duration of etch and passivation steps
is critical as it strongly affects the resulting etch profile. The latter also
depends on many other parameters including gas flow rates, platen power,
gas pressure, and others [152]. There is a delicate balance between all these
parameters, and it is not always a straightforward solution to simply change
one of them for a better etch quality.
The DRIE tool used throughout the fabrication is the STS ICP etcher
(Surface Technology Systems Plc, UK) which utilizes the standard Bosch
process. Based on this, several recipes were created in the Optical and
Semiconductor Devices group (Department of Electrical and Electronic En-
gineering, Imperial College London) for various purposes. For example, for
the back side wafer etching, the “DARK 4S” recipe (Appendix A.4) was
used which is more aggressive than the standard one (etch:passivation step
time ratio is 16:8, meaning that an etch step of 16 s is followed by a passi-
vation step of 8 s). It is aimed at etching bulk silicon material which makes
it well suited for making membrane cavities. This will be discussed in more
detail in the next sections.
Creating membranes cavities
As Fig. 3.1 indicates, the fabrication process starts from the back side of the
wafer. The reason for that is to perform auxiliary steps (such as creating
membrane cavities) first and move the most critical ones (defining oscillating
structures) to the end. This significantly improves the quality of the finished
devices as well as increases the yield.
The first step is to spin coat and pattern photoresist which is used for se-
lective silicon etching with DRIE. Positive 10 µm thick photoresist AZ R© 9260
(Clariant, Switzerland) was spin-coated on the wafer back side with the
Karl Suss CT62 spin coater (Karl Suss, Germany). It is thick enough to
provide successful etching of the wafer handle layer through its whole thick-
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ness (500 µm). The photoresist is then patterned with the Quintel Q4000
contact mask aligner (Quintel Corporation, USA) through a high quality
chrome on glass mask ordered from Delta Mask B.V. (The Netherlands).
As opposed to standard low-resolution (10 µm) acetate masks, the chrome
on glass ones are able to resolve features down to 1 µm in size. Although
membrane cavities are not more than 730 µm × 730 µm across and do not
require high precision, the alignment marks (Section 3.1.2) are much more
critical as they are used for back side alignment in the later stage.
It is practically impossible to estimate the time required to remove exactly
500 µm of silicon in one step, as the etch rate is not constant and varies
between different runs. Therefore, in order to create deep and uniform
cavities, the middle buried oxide layer (2 µm thick) is used as an effective
etch stop mechanism. Using the latter normally involves running the DRIE
for a longer time in order to provide proper etching of all the features.
However, there are several issues associated with it (such as notching), as
will be discussed later.
Etching the wafer back side with the “DARK 4S” recipe gave etch rates
in the range of 2.8–3.1 µm/min. Therefore, the whole process is split into
two steps: the first long run (2.5 h) to remove most of silicon and the
second short one to finalize the process (Fig. 3.5). After the first run the
cavity depth is measured, giving the value of the etch rate. Assuming the
same value for the successive run, the time needed to completely remove
the material is estimated (normally about 20 min). If the material is still
not removed, the process is repeated with shorter time and so on, until the
buried oxide underneath is completely cleared.
The described two-step approach is a standard practice in DRIE etching
and it is done with the aim of avoiding silicon overetching. The latter
induces such unwanted DRIE artefacts as notching which will be described
in the next section.
Defining structures
As the wafer front side contains the most critical structure of the whole
system, i.e. the coupled mechanical oscillator, it is processed later than the
back side in order to avoid contamination and increase the quality of the
finished device. The thickness of the top device layer in the double SOI wafer
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Figure 3.5: Two-step etching of silicon with DRIE — bottom surface of a
membrane cavity after etching with the “DARK 4S” recipe for:
(a) 2.5 h (still silicon everywhere — underetched); (b) additional
3 min (buried oxide revealed — etching nearly finished, but re-
quires third step to finalize)
is 30 µm. This defines the height of the oscillator as well as other structures
such as the slider, supporting springs, and the latch. These are formed
simultaneously on the same layer during the same DRIE step. Therefore,
the finished system is compliant and does not require microassembly.
The front side processing starts with wafer cleaning followed by spin
coating and patterning of the photoresist. This time, a thinner 3 µm
MICROPOSIT R© S1828 R© (Shipley Company, USA) positive photoresist is
used as the desired etch depth is only 30 µm. Again, a high quality chrome
on glass mask was used for resist patterning, since the smallest feature on
the front side structures is only 2 µm (oscillator–slider gap).
As previously, a two-step approach for the silicon DRIE was used. How-
ever, a less aggressive recipe had to be developed for defining fine features.
Normally, larger areas are etched with higher rate than smaller ones [152].
As the structures on the mask are different is size, this introduces the etch
lag. By the time the smallest feature is properly defined, the larger one gets
overetched which in turn induces notching effect [153]. The “DARK 4S”
recipe is not well suited for defining fine features, as illustrated in Fig. 3.6.
As seen from the cross section in Fig. 3.6 (a), the features are signif-
icantly overetched. This in turn noticeably reduces the overall structure
quality (Fig. 3.6 (b)). In addition, as more material is removed, the struc-
ture volume (hence the mass) is reduced which in turn changes its fre-
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Figure 3.6: DRIE notching effect — 30 µm thick silicon structures etched
with the “DARK 4S” recipe for 15 min: (a) cross section of the
slider, showing significant overetching; (b) bottom surface of the
oscillator (released and turned over)
quency response. Theoretically it is possible to compensate this effect by
designing structures with lowered resonance frequency which would rise to
a desired value due to the notching. However, as the DRIE etch rate is
not constant across various runs, the notching effect also varies, making
resonance shift different each time. It is therefore important to minimize
overetching as much as possible. This was accomplished by creating an
optimized, less aggressive recipe and utilizing a two-step approach as de-
scribed above. Fig. 3.7 illustrates SEM images of four structures etched
with different recipes throughout the optimization process.
Lowering the etch:passivation step time ratio to 9:8 (“DARK 3S-9” recipe)
significantly reduced the etch lag and notching, improving the quality of
finished structures (Fig. 3.8). It is logical to expect that reducing the ratio
further would improve the result even more, however this does not happen
(Fig. 3.7 (c)). The reason for that is most likely the limited accessibility
of the etching gas (SF6) inside the deeper and narrower trenches. After a
certain limit this becomes a “bottleneck” rather than the duration of the
etch step.
As already mentioned in Section 3.1.1, the DRIE etch profile depends
on many process parameters, and their optimal balance has to be found
for the best etch quality. For example, as just discussed, lowering the
etch:passivation step time ratio reduces the etch lag and corresponding
notching. However, at the same time this also reduces the sidewall quality
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Figure 3.7: Reducing the notching effect by recipe optimization and two-
step processing — cross sections of four 30 µm thick sliders
etched with: (a) “DARK 4S” (etch:passivation = 16:8) for
15 min; (b) “DARK 3S” (etch:passivation = 11:8) for 15 min; (c)
“DARK 3S-8” (etch:passivation = 8:8) for 12 min + 7 min (two
steps); (d) “DARK 3S-9” (etch:passivation = 9:8) for 12 min +
2 min (two steps)
Figure 3.8: Reducing the notching effect — two images of the bottom surface
of the same 30 µm thick oscillator (released and turned over)
etched with the “DARK 3S-9” recipe (etch:passivation = 9:8)
for 12 min + 2 min (two steps)
(Fig. 3.9). Therefore, there is always a trade-off between etch parameters,
making process optimization a challenging task.
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Figure 3.9: DRIE sidewall quality — 30 µm thick silicon structures etched
with: (a) “DARK 3S-9” (etch:passivation = 9:8) for 12 min; (b)
“DARK 3S-7” (etch:passivation = 7:8) for 13 min
Revealing membranes
As already discussed, the middle buried oxide layer (2 µm thick) acts as
an etch stop mechanism during the wafer back side etching. After the
membrane cavities are formed, it has to be removed in order to reveal the
silicon membranes. This is performed with RIE tool System 80 (Oxford
Instruments plc, UK). CHF3 gas is used in high-energy plasma to etch the
silicon dioxide. In addition, the presence of argon gas in the chamber en-
hances physical bombardment of the sample surface and hence the material
removal. The latter is related to the DC bias voltage formed inside the
process chamber as part of plasma generation.
Although the DC bias cannot be controlled without changing the RF
power, it is an important parameter to monitor. Its higher values indi-
cate stronger physical bombardment which in turn can lead to significant
overetching and membrane damage.
Fig. 3.10 shows cross sections of two membrane cavities etched for 3 h,
but with different values of DC bias. The silicon membrane in Fig. 3.10 (a)
was attacked and its thickness reduced to 9 µm. The latter is an important
design parameter, affecting the system mechanical impedance (Section 2.2.5
of Chapter 2) and hence the overall performance. It is therefore critical to
minimize the overetching (Fig. 3.10 (b)) by careful process timing, utilizing
a multi-step approach or switching to vapour/liquid HF etching solutions.
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Figure 3.10: Removing 2 µm middle buried oxide layer with RIE — cross
sections of two membrane cavities etched for 3 h with: (a) DC
bias = 420 V (overetched — Si membrane attacked and its
thickness reduced to 9 µm); (b) DC bias = 200 V (no overetch-
ing — Si membrane not attacked)
Releasing structures
This is the most important step in the whole fabrication process, as the me-
chanical coupling between the membrane and the oscillator body is formed
here. Individual dies (8.5 mm × 8.5 mm each) are loaded into the HF/
H2O vapour phase etch system (Idonus Sarl, Switzerland) for microstruc-
ture release [154]. Vapour phase etching is chosen rather than liquid solu-
tions in order to avoid stiction and using cumbersome techniques such as
freeze-dry process. Stiction often results in failure of MEMS devices with
microstructures suspended over a supporting substrate at small (a few mi-
crons) gaps [155]. If the structures are exposed to aqueous solution during
the fabrication process (e.g. rinsing), strong capillary forces can pull them
down and result in permanent adhesion (i.e. stiction) to the surface under-
neath, making the device nonfunctional.
140
3.1. PROCESS FLOW WITH DOUBLE SOI WAFER
Etching oxide in an SOI wafer is not a straightforward task, as the etch
profile strongly depends on the way the wafer was manufactured. The stan-
dard process of producing an SOI wafer involves such steps as growing
thermal oxide, chemical-mechanical polishing, fusion bonding, and high-
temperature annealing [156]. The latter is required to convert physical
forces between contacting surfaces into strong chemical bonds. However,
this process results in hydrogen enrichment and hence degradation of the
oxide at the Si–SiO2 interface [157].
Thermal annealing in vacuum is recommended to reduce the hydrogen
concentration in the oxide and increase the Si–SiO2 bond strength [158].
Without proper annealing the bonded interface is much weaker than the
interface between silicon and thermally grown oxide. This results in a sig-
nificantly higher oxide etch rate at the former [159].
Fabrication of a double SOI wafer (with two additional layers compared to
a standard SOI wafer) is more complicated. Besides having more processing
steps, the stress distribution in resulting Si–SiO2–Si–SiO2–Si structures can
get complicated. Neutralizing the latter is a non trivial task which may
involve growing additional layers for stress compensation.
In order to better understand stress distribution in a double SOI wafer, it
is highly desirable to know the exact process flow used to fabricate it, which
is typically not disclosed by manufacturers. Nevertheless, the major steps
could be deduced by performing a test etch run in the HF/ H2O vapour
phase system (Fig. 3.11). As seen from the SEM image (Fig. 3.11 (a)),
at two Si–SiO2 interfaces the oxide etch rate is significantly higher (bond
strength lower). This indicates that they were formed during the bonding
process rather than thermal oxide growth. It is therefore possible to deduce
how the double SOI wafer was manufactured (Fig. 3.11 (b)).
As seen in Fig. 3.11 (b), the double SOI wafer is manufactured in three
major steps. Although the exact sequence is still unknown, it is most likely
the following. First, the middle buried oxide is thermally grown on the
handle silicon wafer. In the next step it is bonded with another wafer
which is then thinned to form the middle device layer of a desired thickness
(15 µm). As the bonding process involves high-temperature annealing, the
thermal stresses are induced in the oxide [160]. Due to the relatively high
thickness of the latter (2 µm), the stresses are released to the middle device
layer as it is formed.
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Figure 3.11: Etching double SOI wafer in vapour HF at 40 ◦C for 75 min:
(a) SEM image of wafer cross section, indicating much faster
etching at bonded interfaces (max etch rate = 1.06 µm/min);
(b) deduced process of wafer fabrication (BOX — buried oxide)
Similar processes are involved in the fabrication and bonding of the top
device–top buried oxide structure. In this case a thicker oxide layer (6 µm) is
desirable as it makes the oscillator–membrane coupling element longer and
provides better system performance (i.e. vibration amplitude). However,
higher thickness results in more residual stresses released to the top device
layer (30 µm) as it is formed [160].
Therefore, when the whole Si–SiO2–Si–SiO2–Si structure is formed, it is
highly pre-stressed. In terms of the finished device, this makes the stiffness
behaviour of the oscillator–coupling–membrane structure highly nonlinear
[161]. As will be shown in Chapter 4, this may strongly affect the frequency
response of the overall system.
As already mentioned, mechanical coupling between the membrane and
the oscillator body is formed by etching the top buried oxide in vapour
HF from the wafer front side. In addition, during this step oscillators
and other structures such as sliders, supporting springs, and latches are
released. The etch time is critical as overetching will diminish the oscillator–
membrane coupling while underetching will cause incomplete structure re-
lease. Fig. 3.12 shows cross sections of three similar structures etched sep-
arately in vapour HF with different duration.
As long as the etch depth is less than the thickness of oxide (6 µm in
the present case), the etching process is isotropic (Fig. 3.12 (a)). After
reaching the Si–SiO2 interface, the etch rate strongly increases due to the
significant concentration of hydrogen in the oxide (Fig. 3.12 (b)) [158]. The
profile still resembles the isotropic one, but with a large undercut at the
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Figure 3.12: Etching 6 µm top buried oxide layer in vapour HF — cross sec-
tions of three similar structures etched at 40 ◦C for: (a) 70 min
(max etch rate = 0.07 µm/min); (b) 75 min (max etch rate =
0.40 µm/min); (c) 90 min (max etch rate = 0.91 µm/min)
bonded interface. The latter increases further with time (Fig. 3.12 (c)).
Note the difference with the etch rate in Fig. 3.11 (a), which indicates
process inconsistency. Although the undercut promotes faster structure
release and hence reduced process time, there might be some oxide residues
left on the underlying surfaces, reducing the overall quality (Fig. 3.13). As
will be discussed in Section 3.1.2, the halo structures shown in Fig. 3.13 (a)
are sacrificial parts used to improve the overall quality of the silicon DRIE
process.
Figure 3.13: Oxide residues left on silicon surfaces after etching in vapour
HF: (a) oscillator, slider, and sacrificial halo structures (stuck
to the surface); (b) oscillator pillar (30 µm × 30 µm across)
with coupling (turned over)
Although the oxide etch rate at weakly bonded Si–SiO2 interface increases
with time, the sharp angle of the undercut remains constant (Fig. 3.12).
This might not be important for long runs (>90 min), however, introduces
great difficulties when smaller etched depths are required. The size of the
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oscillator–membrane coupling is determined by the etch time. Longer runs
result in smaller coupling and lower resonance frequency (due to reduced
stiffness) of the coupled mechanical oscillator.
Therefore, the etch time is one a few process parameters which allows
adjusting the resonance frequency. As already mentioned, its lowest value
should provide proper oxide removal and structure release. The highest
value is limited by the size of the oscillator pillars attached to the coupling
(Section 3.1.2). However, due to the undercut the highest limit reduces, re-
sulting in poorer frequency control or even the coupling breaking (Fig. 3.14).
In order to improve the situation and push the higher limit up, larger oscil-
lator pillars (45 µm × 45 µm) were designed.
Figure 3.14: Oxide undercut at weakly bonded Si–SiO2 interface after etch-
ing two different samples in vapour HF at 40 ◦C for 75 min: (a)
all oxide undercut, resulting in lost connection between top de-
vice and top BOX layer; (b) oscillator pillar (45 µm × 45 µm)
with nearly broken coupling (turned over)
The oscillator–membrane coupling in Fig. 3.14 is fragile even for larger
oscillator pillars and will not be able to withstand applied mechanical torque
during device operation. The estimated resonance frequency of a system
with such coupling is 225.5 kHz which is higher than the desired operating
frequency (200 kHz). However, it cannot be lowered by longer etching as
the coupling will be completely undercut, making the device nonfunctional.
The above mentioned issues clearly indicate that the bonded Si–SiO2
interfaces in the double SOI wafer are weak. Performing thermal annealing
of the samples before the vapour HF etching increased the bonding strength
and successfully resolved the problem with undercut (Fig. 3.15).
As Fig. 3.15 shows, the etch profile of 6 µm top buried oxide is nearly
straight, which indicates similar strength of the Si–SiO2 bonded interface
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Figure 3.15: Oxide etching at strongly bonded Si–SiO2 interface after ther-
mal annealing in air (no oxygen supply) at 1100 ◦C for 2 h —
cross sections of two different samples etched in vapour HF at
40 ◦C for: (a) 158 min (max etch rate = 0.11 µm/min); (b)
146 min (max etch rate = 0.10 µm/min)
and the thermally grown one. Note also similar etch rates between two
different runs. As the interface is now stronger, it etches much more slowly
than previously without annealing (compare etch rates with the ones in
Fig. 3.12). This in turn gives greater control over the etched depth and
hence the oscillator–membrane coupling size.
With the annealing process the oscillator–membrane coupling size can be
controlled over a wider range, giving resonance frequencies of the finished
device in the range of 165–225 kHz. The lower value is calculated assuming
minimum 10 µm × 10 µm coupling at oscillator pillars. Shrinking it further
is impractical as it will not be able to withstand applied mechanical torque
during device operation.
Two batches of experimental samples each containing four dies were fab-
ricated. One die from each batch was used as sacrificial in order to estimate
the resonance frequency of the rest. Assuming the straight profile, the
etched depth was then plugged into the developed FEM model to perform
calculations. The resulted frequencies are 201.7 kHz and 210.2 kHz. Such a
discrepancy is attributed to inconsistencies in vapour HF etch process across
different runs. The calculated values are compared with the obtained ex-
perimental ones in Chapter 4.
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3.1.2 Layout design
As already mentioned, the fabrication process consists of six major steps
and involves processing of a double SOI wafer from both sides (Fig. 3.1).
For each side of the wafer, one mask is required to pattern the photoresist.
High quality chrome on glass masks were chosen for their robustness and
high resolution (down to 1 µm). The latter is required to define fine features
on the wafer front side precisely aligned with the back side.
In the next sections the mask design is described in more detail. Special
attention is drawn to the level of individual dies with structures such as
oscillators, sliders, springs, and latches. In addition, the whole wafer level
is presented which accommodates multiple dies as well as alignment marks.
Level of individual structures and dies
Each die is 8.5 mm × 8.5 mm across (Fig. 3.2), which makes it easy to
manipulate with tweezers. Its front side accommodates oscillators, sliders,
supporting springs, and latches, while the back side contains membrane
cavities. Fig. 3.16 shows the front side layout of a single die. The oscillators
are located symmetrically on the slider opposite sides at a certain gap (2
to 10 µm in various configurations) and inclined at 45◦. The “C4–10” label
at the top-left corner indicates that the die contains four oscillators spaced
with a gap 10 µm against the slider.
The dicing lines around each die (both front and back sides) are 40 µm
wide. There are three 40 µm × 40 µm dicing bridges along each side of
the die. These play an important role as they hold all the dies together
even after the 500 µm wafer etch. At the same time, the bridges are small
enough to break easily when dies need to be separated.
The most important structure on the die is the coupled mechanical oscil-
lator. It consists of the membrane mechanically connected to the oscillator
body. The design of the latter went through several stages (Section 2.2.5 of
Chapter 2) and the latest one is presented here (Fig. 3.17).
In order to reduce mechanical stresses in concave corners (where the beam
bending occurs), they were rounded with a radius of curvature equal to the
beam thickness, i.e. 10 µm. The perforation holes are used to facilitate the
structure release during the vapour HF etch process (Section 3.1.1). Their
spacing defines the minimum etch depth required for proper release which is
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Figure 3.16: Front side layout of a single 8.5 mm × 8.5 mm die containing
four oscillators, the slider suspended on four springs, and the
latch (halo structures and some perforation not shown)
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Figure 3.17: Layout of the oscillator body and the mechanical coupling
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8 µm in the developed design. With 45 µm × 45 µm oscillator pillars, this
gives the mechanical coupling such that the maximum resonance frequency
of the whole system is 225 kHz.
The halo structures shown in Fig. 3.17 are sacrificial parts used to im-
prove the overall quality of the silicon DRIE process. The “DARK 3S” and
“DARK 4S” recipes used throughout the fabrication are optimized for etch-
ing 40 µm trenches. Therefore, in order to etch larger areas it is preferable
to fill them with halo structures which will be then removed during the
release step. As all the etched features are 40 µm now, this theoretically
minimizes the the etch lag and hence the notching. However, the difficulties
come when smaller structures need to be defined. Since the smallest feature
in the layout is only 2 µm (oscillator–slider gap), the etch lag cannot be
avoided and has to be dealt with in some other way (e.g. by careful timing,
Section 3.1.1), unless a new recipe optimized specifically for 2 µm trenches
is developed. This will be addressed in the future research.
As already discussed in Section 2.3.1 of Chapter 2, the slider (actuator) is
not connected to any load (e.g. medical device), making its motion challeng-
ing to characterize. Therefore, the first prototype incorporates a mechanical
latch at one of its ends to provide evidence of actuation (Fig. 3.18). It is
designed to trigger after the slider travels up to 10 µm and it can be released
with a sharp object (e.g. a needle tip) through its central hole.
latch
suspension
release hole
latch
support
(substrate)
200 m
Figure 3.18: Layout of the mechanical latch (halo structures not shown)
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As the fabrication flow involves processing the wafer from both sides, the
features on them have to be precisely aligned. In the developed design this
means that the front side oscillators have to be located right opposite to
the back side membrane cavities. If they are not, the membrane surface
area will be reduced and the mechanical coupling shifted to its edge. This
makes the device behaviour even more process dependent (in addition to the
vapour HF etch step), which is highly undesirable. This issue was addressed
by designing membrane cavities slightly larger (by 35 µm on each side) than
oscillator support frames (Fig. 3.19).
support slidersupport
membrane as per back side layout
actual membrane
oscillator
support frame
Figure 3.19: Enlarging membrane cavities (by 35 µm from each side) to
facilitate mask alignment — actual membranes are defined by
front side DRIE and vapour HF etching (halo structures not
shown)
With the proposed solution the actual surface area of the membrane is
defined by the front side DRIE rather than the back side. This holds as
long as the support frame stays inscribed in the cavity. After the release
step, the actual size of the membrane is reduced further by the oxide etched
depth. Overall, this facilitates the mask alignment and makes the device
behaviour less process dependent.
Wafer level
Both front and back side masks allow fabricating up to 60 dies out of one 4-
inch wafer. They differ by the oscillator–slider gap which varies in the range
of 2–10 µm. The corresponding die labels are “C4–2”, “C4–3”, “C4–5”,
“C4–7”, and “C4–10”. There are 12 dies of each of these five configurations.
Different initial gaps will make the oscillator impact arm reach different
velocities before it hits the slider. As already discussed, smaller values
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are more desirable for maximum energy transfer between the impact arm
and the slider (Section 2.3.3 of Chapter 2). However, as the experiments
showed, only the oscillators with 2 µm gap survived the oblique mechanical
impact at the frequency near 200 kHz (Chapter 4). This indicates that
too small gaps limit the arm motion and prevent it from acquiring enough
momentum to move the slider (or break as in this case). In addition, this
indicates that the impact angle of 45◦ is too high and has to be reduced. In
future it is planned to do so by extending the number of die configurations
and including smaller angles.
As the wafer is processed with at least two masks, they both contain
alignment marks. The smallest one is a 24 µm × 24 µm cross which is
smaller than the maximum allowed offset of the oscillator support frame
against the membrane cavity (35 µm, Fig. 3.19). Since both masks are used
to pattern the positive photoresist for the successive silicon DRIE, they
are mostly opaque (with transparent areas defining the etched trenches).
In order to facilitate their alignment, in particular with the infrared light,
additional blank windows are added below the alignment marks.
3.1.3 Process quality control
The front side layout contains various features with different sizes and levels
of complexity (e.g. oscillator beams vs. slider springs). This gives the
opportunity to analyse the process quality and optimize the flow if necessary.
Most of the results in Section 3.1.1 were obtained by breaking the samples
after various steps and studying their cross sections with SEM. In addition,
a 150 µm ruler structure (Fig. 3.20) was added to the layout in order to
control the quality of some processes, in particular the silicon DRIE.
The developed fabrication process contains only steps where the material
is removed (RIE/DRIE and vapour HF etching) as opposed to its addition
(as in sputtering, electroplating, chemical vapour deposition etc.) or modi-
fication (e.g. doping). This limits the amount of techniques available for the
process quality control. Nevertheless, it is still possible to design several sac-
rificial structures for nondestructive testing of the vapour HF etch process.
These structures would have perforation with various spacing, resulting in
their complete release at certain etch depths. This will be addressed in the
future research.
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Figure 3.20: 150 µm ruler structure to control the quality of: (a) photoresist
spin coating (3 µm thick MICROPOSIT R© S1828 R©); (b) silicon
DRIE (30 µm thick layer etched with the “DARK 3S-9” for
12 min)
3.2 Alternative process flows
The process flow with a double SOI wafer described above was developed
as a result of intensive experimental and theoretical research on MEMS
fabrication. This section presents two processes that were developed in the
earlier stages for the fabrication of stepper microactuators. However, they
faced insuperable difficulties and led to devices that are either nonfunctional
(process with metallic membrane) or impossible to produce (process with
photoresist planarization).
3.2.1 Metallic membrane
This process is similar to the one with a double SOI wafer and uses the
same set of masks. However, the wafer used for fabrication is a standard
4-inch SOI wafer (with device, buried oxide, and handle layer thicknesses
of 30 µm, 2 µm, and 500 µm respectively) acquired from Si-Mat Silicon
Materials (Germany). Nevertheless, there are also six major steps involv-
ing processing the wafer from both sides, with the main difference in the
membrane fabrication (Fig. 3.21).
First, the photoresist is spin coated and patterned on the wafer back side
(step 1) in order to form cavities for future membranes by silicon DRIE
(step 2). The buried oxide layer acts as an effective etch stop mechanism.
Once the wafer handle is etched through its whole thickness (500 µm),
the Cr/Cu seed layer (35 nm / 200 nm) is sputtered on the oxide (with
the Nordiko NM2000 sputtering system by Nordiko Technical Services Ltd,
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6. Releasing structures -
etching Si oxide in vapour HF
Figure 3.21: Process flow with metallic membrane
UK). It is then used for electroplating nickel membranes (step 3) of desired
thickness (15 µm) (with the laboratory-made setup).
The wafer front side structures (oscillators, sliders, springs, and latches)
are made by spin coating and patterning of the photoresist (step 4) followed
by the DRIE of silicon (step 5). After removing the photoresist the wafer
is cleaned and diced. In the last step individual dies (8.5 mm × 8.5 mm)
are loaded into the HF/ H2O vapour phase etch system in order to release
structures and metallic membranes (step 6). Once again, this is the step
where the mechanical coupling between the membrane and the oscillator
body is formed. The fabricated device looks similar to the one in Fig. 3.3,
with the only difference being the membrane material (nickel vs. silicon).
The major difficulty is associated with the mechanical coupling (Fig. 3.22).
Although it is still made of silicon dioxide, the process of metal sputter-
ing with successive electroplating cannot provide the same adhesion to the
membrane as in a thermally grown Si–SiO2 interface.
Fig. 3.22 (a) illustrates the oscillator pillar when it was detached from
the membrane. As seen, all the couplings remained on the pillar, indicating
weak bond strength with the membrane. It is similar to Fig. 3.14 (b), where
most of the couplings remained on the pillar due to the severe undercut at
the membrane interface. Overall, this makes the coupling fragile and not
able to withstand applied mechanical torque during device operation.
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Figure 3.22: Issues with oscillator–membrane coupling after vapour HF
etching: (a) oscillator pillar (30 µm × 30 µm) with most of
the coupling (2 µm) remained after separation with membrane
(turned over); (b) area near the oscillator pillar after its removal
(chrome layer around pillar attacked and roughened, while un-
der it not affected)
The situation is complicated by the reaction of HF vapours with a chrome
adhesion layer. After the buried oxide is removed, the latter gets exposed
to the acid. Although no etching should occur [162], the chrome layer gets
attacked and roughened (Fig. 3.22 (b)).
The membrane thickness varies according to the electroplating process
time. This is different from a double SOI wafer where it is predefined by the
middle device layer. Although this gives greater control over the geometry
of finished devices, it also makes them more process dependent. The latter
is more important in the early stages, as it is much simpler to analyse and
compare samples that are as identical as possible.
3.2.2 Photoresist planarization
This is the first process which was developed for the fabrication of stepper
microactuators. It uses the same 4-inch SOI wafer (with device, buried
oxide, and handle layer thicknesses of 30 µm, 2 µm, and 500 µm respectively)
as mentioned above.
The process is more complicated, as there are eight major steps involving
processing the wafer from both sides and requiring three masks (Fig. 3.23).
Only one mask (defining structures) is the same as in the other flows. Al-
though the membrane here is also created by metal electroplating, it is done
from the wafer front side by utilizing a photoresist planarization technique
which is discussed below.
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Figure 3.23: Process flow with photoresist planarization
The process starts with processing the wafer front side. The photoresist is
spin coated and patterned (step 1) in order to define structures (oscillators,
sliders, springs, and latches) by successive silicon DRIE (step 2). After re-
moving the previous photoresist, a new one, much thicker (discussed below),
is spin coated in order to fill the etched 30 µm trenches and planarize the
front surface (step 3, dashed lines). Once this is done, the process continues
as with a normal flat wafer.
In order to define membrane support and oscillator–membrane coupling,
the Cr/Cu seed layer (35 nm / 200 nm) is sputtered before the new layer of
photoresist in spin coated on top and patterned (step 3). The latter is then
used as a hard mask in metal electroplating (step 4).
The membrane is created in a similar way: without removing the previous
photoresist the Cr/Cu seed layer is sputtered on top followed by spin coating
and patterning of a new photoresist layer (step 5). The membrane is then
electroplated using the latter as a hard mask (step 6). It is important to
note that the thickness of electroplated layers (step 4 and step 6) has to be
equal to the thickness of corresponding photoresist masks. Otherwise, the
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resulting topography will not be flat making further processing difficult.
In order to release structures, the wafer handle layer is etched with DRIE
from the back side through its whole thickness (500 µm, step 7). The
buried oxide layer is then etched in vapour HF for complete structure release
(step 8). In the final stage the photoresist and the Cr/Cu seed layers are
removed and the wafer is then diced.
As the fabrication process includes two steps of metal electroplating, the
geometry of finished devices can be adjusted in a wider range than for
the above mentioned flows. In addition to the membrane thickness, it is
also the length of the coupling elements that can be varied. However, this
greater flexibility is outweighed by the increased process dependency of the
fabricated samples which is more critical in the early stages of their charac-
terization.
Nevertheless, most difficulties lie in the resist planarization (step 3). Al-
though spin coating is a well developed technique, it is often not suitable for
surfaces with existing topography, in particular with deep trenches. Several
methods of overcoming this issue have been proposed including photoresist
electrodeposition [163], spray coating [164], and a dynamic surface tension
process [165]. However, these require either complication of the process flow
or of the fabrication setup.
A novel method of deep topography (30 µm and more) planarization
based on flood exposure (without a mask) of thick photoresist was developed
as part of this work. A similar approach has been proposed previously
in [166], however for relatively shallow profiles (up to 2 µm deep). A low
viscosity MICROPOSIT R© S1828 R© photoresist was used in the experiments
to facilitate the filling of the existing topography. The method is illustrated
in Fig. 3.24 in more detail.
Although the manufacturer recommends depositing S1828 R© in the range
of 3–6 µm for effective exposure, it was experimentally shown that thicker
layers (up to 30 µm) can be successfully deposited and exposed without
reducing the quality. The spin coating process has to be optimized in such
a way that the resulting photoresist thickness is equal to the maximum that
can be successfully exposed. A special baking process was also developed in
order to provide complete solvent evaporation and avoid stresses and cracks.
Once the photoresist is spin coated and baked, it is flood exposed and
thinned down to the wafer top surface during the development step. At the
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flood exposing and developing resist
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c. Flood exposing and developing resist
Figure 3.24: Two-step (two-layer) resist planarization technique for flatten-
ing substrates with deep topography (30 µm or more)
same time the photoresist filling the trenches remains unaffected. Depending
on the topography depth, this gives a profile with completely or partially
filled trenches. In case of the latter, the process can be repeated until the
desired flatness is reached. For high topography (such as 30 µm in the
present case), one step does not provide sufficient results and has to be
repeated (Fig. 3.24).
After the planarization technique the fabrication continues as with a nor-
mal flat wafer. The same or different photoresist can be spin coated and
patterned in order to define future topography (Fig. 3.25). The maximum
depth of trenches (profile non-flatness) in Fig. 3.25 (a) is 7.5 µm, which
indicates that more planarization steps are required for a completely flat
substrate. Note that successive spin coating of the 20 µm thick AZ R© 9260
photoresist (Fig. 3.25 (b)) after a single-step planarization process allows
reducing the profile non-flatness further down to 4.4 µm (Fig. 3.26).
As seen in Fig. 3.25 and Fig. 3.26, the presented photoresist planarization
technique gives promising results. It is expected that a two- or three-step
process would completely planarize the 36 µm deep topography. However, as
was experimentally found, this does not happen: using multiple planariza-
tion reduces the non-flatness much more slowly than expected (non-flatness
= 3.9 µm after three steps). The reason for that is most likely the dif-
ference in the actual photoresist thickness and the maximum that can be
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Figure 3.25: Defining new features over existing 36 µm deep topography: (a)
trenches partially filled with MICROPOSIT R© S1828 R© photore-
sist after single planarization step (maximum depth reduced
from 36 µm to 7.5 µm); (b) the 20 µm thick AZ R© 9260 pho-
toresist spin coated and patterned after planarization
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Figure 3.26: 20 µm thick AZ R© 9260 photoresist spin coated and patterned
over the 36 µm deep topography after planarization — resist
film thickness profile along the dashed line in Fig. 3.25 (b)
(maximum profile non-flatness = 4.4 µm)
successfully exposed. Having the latter higher might result in unwanted
exposure and hence removal of the photoresist inside the trenches. It is
therefore required to reduce the difference which is not trivial as it strongly
depends on the topography and varies across different features. Overall,
this makes the process impractical as even the best achieved non-flatness
of 3.9 µm would give more than 25% variation in the membrane thickness
(with desired 15 µm).
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In addition to the above mentioned challenges, the process involves using
photoresist as a sacrificial material in successive steps. This might introduce
quality issues as during the Cr/Cu seed layer sputtering the photoresist can
redeposit on chamber walls and contaminate the samples. After the high
power plasma treatment the photoresist is also more difficult to remove
with conventional solvents such as acetone. Therefore, additional techniques
might be required in order to completely release structures.
Finally, as the membrane is fabricated with metal electroplating, it is also
prone to the already discussed issues with the bond strength. The latter is
impaired by the fact that the membrane is formed on the wafer top surface
(rather than inside the cavity) supported by a metal frame made in a similar
way. This makes the oscillator–coupling–membrane connection fragile and
most likely not able to withstand applied mechanical torque during device
operation.
Although the two processes described in this section were not successful
in providing finished and working devices, the experience obtained during
their development and optimization is very valuable. It formed a solid
foundation for the development of the final process (with a double SOI
wafer) and allowed avoiding many common mistakes, and therefore save
time and resources.
3.3 Chapter summary
Summarized below are the main points on the fabrication of stepper mi-
croactuators discussed in this chapter.
In order to fabricate experimental samples of stepper microactuators, a
process based on standard microfabrication techniques was developed. It
involves processing a 4-inch double SOI wafer from both sides and consists
of six major steps.
For the DRIE processing, a two-step approach with timing control was
utilized which allowed reducing silicon overetching. The wafer front side con-
taining the most critical features (oscillators, sliders, springs, and latches)
was etched with an optimized and less aggressive DRIE recipe. This allowed
improving the sidewall quality and reducing such unwanted effects as notch-
ing. A similar multi-step approach was used to avoid membrane damage
during the back side oxide etching.
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To release the structures in the final stage of the fabrication process,
vapour phase etching of silicon dioxide was used. It was chosen in prefer-
ence to liquid HF solutions in order to avoid stiction and using cumbersome
techniques such as the freeze-dry process. The processed wafers demon-
strated non-uniform etch profile, with the etch rate at the bonded Si–SiO2
interface much higher than at the thermally grown one.
By analysing the initial non uniform etch profile of a double SOI wafer,
the process flow which was used to fabricate it could be deduced. It has
been found that when the whole Si–SiO2–Si–SiO2–Si structure is formed it
is highly pre-stressed. In terms of the finished device this makes the stiffness
behaviour of the oscillator–coupling–membrane structure highly nonlinear.
In order to increase the strength of the bonded Si–SiO2 interface and
obtain a more uniform profile, an annealing process was utilized prior to
the etching. With this the oscillator–membrane coupling size could be con-
trolled in a wide range, giving resonance frequencies of the finished device
in the range of 165–225 kHz. Two batches of experimental samples each
containing four dies were fabricated and their resonance frequencies were es-
timated: 201.7 kHz and 210.2 kHz. Such a discrepancy has been attributed
to inconsistencies in vapour HF etch process across different runs.
The layout design consists of drawing two masks for back side membrane
cavities and front side structures (oscillators, sliders, springs, and latches)
respectively. High quality chrome on glass masks were chosen for their
robustness and high resolution. The latter was required in order to define
fine features on the wafer front side precisely aligned with the back side.
The two levels of mask design (individual dies and the whole wafer) have
been discussed in detail.
Each die is 8.5 mm × 8.5 mm across which makes it easy to manipulate
with tweezers. The oscillators were placed symmetrically on the slider op-
posite sides at a certain gap (2 to 10 µm in different configurations) and
inclined at 45◦. As these structures are formed simultaneously on the same
layer during the same DRIE step, the finished system is compliant and
does not require microassembly. In order to characterize the slider motion
qualitatively, a mechanical latch located at one of its ends was designed.
In order to facilitate the mask alignment for the wafer front and back sides,
membrane cavities slightly larger (by 35 µm from each side) than oscillator
support frames were designed. With this solution the actual surface area of
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the membrane is defined by the front side DRIE rather than the back side.
This makes the resulting device behaviour less process dependent.
To analyse the DRIE process quality and optimize the flow if necessary,
a 150 µm ruler structure on the wafer front side was created. The design
of sacrificial structures for nondestructive testing of the vapour HF etching
has also been discussed.
Finally, two processes that were developed in the earlier stages for the
fabrication of stepper microactuators have been described. However, they
faced insuperable difficulties and led to devices that are either nonfunctional
(process with metallic membrane) or impossible to produce (process with
photoresist planarization). Although not successful, the experience obtained
during development and optimization of these processes helped to build a
solid foundation for the development of the final process with a double SOI
wafer.
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This chapter is dedicated to the experimental characterization of the ultra-
sonically powered mechanical actuator. It starts with the characterization of
the source of ultrasonic energy. Then, the results of experimental studies of
ultrasonically driven coupled mechanical oscillators under various driving
conditions are presented and discussed. Different samples from the same
as well as different fabrication batches are compared. The chapter then
presents the first experimental results of the stepper microactuators. Fi-
nally, important conclusions on optimisation of the system design and the
test setup are drawn.
4.1 Ultrasonic energy source and its pressure field
Before conducting experimental studies of the proposed ultrasonically pow-
ered actuator, a series of experiments was performed in order to characterize
one of the key components in the whole setup which is the source of ultra-
sonic energy. As in the present case the latter is an off-the-shelf (as opposed
to custom-made) component (Fig. 4.1), its fabrication tolerances may be
wide. Therefore, one single transmitter was used throughout all the experi-
ments in order to minimize the effect of the deviation of its parameters and
hence provide fair comparison of the obtained results.
Figure 4.1: Ultrasonic transmitter used throughout the experiments — fully
immersible transducer operating at the frequencies of 200 kHz
(radial mode) and 1 MHz (thickness extensional mode)
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The transmitter shown in Fig. 4.1 (PAR2007T from Parsonics Corpo-
ration, USA) has a solid-sealed Teflon housing 25.4 mm in diameter and
16.5 mm thick for impedance matching and heat dissipation. Its active
element is a PZT disk 11.3 mm in diameter and 2.1 mm thick.
In order to characterize the ultrasonic transmitter as well as the pressure
field generated by it, a setup schematically shown in Fig. 4.2 was built. A
function generator was used to drive the transducer, while a hydrophone
(TC4038 from Reson, Denmark) was used to measure the acoustic pres-
sure. Measurements were conducted in a water tank (a standard 240 mm
× 165 mm × 90 mm plastic storage box) filled with DI (deionized) water
at 25 ◦C.
to the driving
circuit
ultrasonic
transmitter
to the oscilloscope
hydrophone
to the XY stage
water level
to the XYZ stage
Figure 4.2: Schematic diagram of the experimental setup for the character-
ization of ultrasonic transmitter and its pressure field: the hy-
drophone is clamped to the XY-stage for precise position control
The frequency response of the ultrasonic transmitter is shown in Fig. 4.3.
It was excited with a 20 Vp-p sinewave voltage, and the frequency was swept
in the range of 10 kHz–1.4 MHz, while the hydrophone was located on the
acoustic axis 5 mm away from its radiating surface.
As Fig. 4.3 illustrates, there are two main resonance peaks of the trans-
ducer – at 195.5 kHz (14.8 kPa, radial mode) and 1.1 MHz (29.7 kPa, thick-
ness extensional mode). There is also a less pronounced peak at 434 kHz
(8.7 kPa) most likely corresponding to one of the higher order radial modes
[139, 140]. The deviated values of the resonance frequency (vs. 200 kHz
and 1 MHz as per technical specifications) are attributed to the engineer-
162
4.1. ULTRASONIC ENERGY SOURCE AND ITS PRESSURE FIELD
10
15
20
25
30
35
A
c o
u s
t i c
 p
r e
s s
u r
e  
[ k
P
a ]
14.8 kPa
(195.5 kHz)
29.7 kPa
(1.1 MHz)
8.7 kPa
(434 kHz)
0
5
0 200 400 600 800 1000 1200 1400
A
c o
Frequency [kHz]
Figure 4.3: Measured frequency response of the ultrasonic transmitter
driven by a 20 Vp-p sinewave voltage on its main acoustic axis
5 mm away from the radiating surface
ing tolerances of the manufactured transmitter sample. The quality factor
(half-width) for the main radial mode (near 195.5 kHz) is Qsrc ≈ 3.
As previously discussed in Section 2.2.2 of Chapter 2, the recommended
operating frequency for ultrasonic power delivery lies in the range of 200 kHz
– 1.2 MHz. For the proposed coupled mechanical oscillator, the lowest
recommended frequency (200 kHz) was chosen with the aim of increasing
the device dimensions and hence capturing more ultrasonic energy as well
as facilitating its microfabrication.
The quality factor of the coupled mechanical oscillator was assumed Q =
500 (Section 2.2.1 of Chapter 2), making it a narrow-band vibrating system.
If driven by an ultrasonic source which is narrow-band as well, this may
significantly reduce the system performance as small deviations from the
resonance will result in a much weaker signal.
However, this is not the case in the present experimental setup. Although
the measured resonance frequency of the ultrasonic transmitter (195.5 kHz
in the radial mode) is lower than the desired 200 kHz, this should not signif-
icantly affect the overall system performance as the transducer is relatively
wide-band (quality factor is only Qsrc ≈ 3, Fig. 4.3). It is able to generate
acoustic pressures higher than 10 kPa in the range of 162–223 kHz which
is wider than the oscillator working range (180–220 kHz, Section 2.2.3 of
Chapter 2).
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Working in the main (lowest) radial mode (195.5 kHz), the experimental
ultrasonic transmitter generates the pressure field illustrated in Fig. 4.4.
The same signal (20 Vp-p sinewave voltage) was used to drive the transmitter
at 195.5 kHz, while the hydrophone was used to measure the pressure. A
stage of an optical microscope was adopted as an XY-stage to precisely
control the hydrophone position and scan over the space (Fig. 4.2).
 
acoustic axis 
preferred location 
of the receiver 
transmitter 
Figure 4.4: Pressure field generated by the ultrasonic transmitter at
195.5 kHz driven by a 20 Vp-p sinewave voltage
As seen from the profile, the best location of the receiver lies on the
transmitter acoustic axis within 5 mm of its radiating surface, giving the
peak acoustic pressure of 14.8 kPa. Such a small distance as well as the
absence of side lobes are attributed to relatively low operating frequency
(compared to 1 MHz).
The next section will focus on experimental characterization of fabricated
samples of the proposed coupled mechanical oscillator. System performance
under various driving condition (transmitter operating frequency and input
voltage) and source–receiver separations will be analysed. In addition, the
effect of the source–receiver misalignment (lateral and angular) on the over-
all system performance will be studied, and samples from different fabrica-
tion batches will be compared.
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4.2 Coupled mechanical oscillators
4.2.1 Experimental setup
The experimental setup used to study the performance of coupled mechan-
ical oscillators under ultrasonic excitation is illustrated in Fig. 4.5 (b). The
source of ultrasonic energy used throughout all the experiments is the same
transmitter as previously characterized (PAR2007T). It was mechanically
clamped to the XYZ-stage, which allowed changing its distance and align-
ment with the receiver. The device under test was mounted at the bottom
of a special holder (made of a 40 mm × 40 mm × 3 mm Plexiglas sheet) with
membranes facing downward (i.e. facing the ultrasonic source, Fig. 4.5 (a)).
to the XYZ stage
to the driving
circuitdevice holder
water
level
microscope lens
ultrasonic
transmitter
glass
window
device
under test
sealing
device
under testmembrane
cavities
acoustic
waves
(a) (b)
Figure 4.5: Schematic diagram of the experimental setup for the charac-
terization of ultrasonically powered actuation: (a) holder with
device under test; (b) test tank
Therefore, oscillators faced upward and could be examined under the
microscope. The Wyko NT9100 optical profiler from Veeco Instruments
Inc. (USA) was used as a microscope. It is equipped with 5× and 20×
objectives and field of view multipliers of 0.55×, 1×, and 2×, giving a
maximum magnification of 40×. An on-board non-interlaced CCD camera
provides a 640×480 image output.
The water tank (the same as the one previously used to characterize
the ultrasonic source) with a device holder mechanically clamped to it was
placed on the motorized XY-stage of the Wyko profiler. This setup simpli-
fied locating and focusing on the structures of interest (e.g. oscillator impact
arm, coupling elements etc.). In addition, the whole setup was mounted on
a pneumatic table to eliminate background vibrations (Fig. 4.6).
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Figure 4.6: Photographs of the experimental setup for the characterization
of ultrasonically powered actuation
The device holder was only half-immersed, ensuring at the same time the
full contact of membranes with water and clear visibility for the microscope.
As the oscillating microstructures had always to remain dry, a glass slide
was glued on top of the holder with a silicone sealant in order to prevent
water leaks. For the same reason, once the device had been placed into a
holder, it was sealed along the edges.
In the next section the planning of experiments on the fabricated sam-
ples of the coupled mechanical oscillator will be described. The section
will discuss how the measurements were made, what operating conditions
were changed, and will qualitatively compare experimental results with the
simulated ones.
4.2.2 Planning of experiments
In order to study the performance of fabricated coupled mechanical oscilla-
tors, a technique to measure their in-plane vibration amplitude was devel-
oped which is illustrated in Fig. 4.7. These images are taken with the CCD
camera of the Wyko NT9100 optical profiler. Fig. 4.7 (a) illustrates the
off-state of one of the oscillator samples when no voltage is applied to the
ultrasonic source and, therefore, no vibration happens. When the voltage
is applied across the transducer (on-state, Fig. 4.7 (b)), the oscillator starts
vibrating.
As the oscillation frequency lies in the kHz range, the on-state image gets
blurred, nevertheless, it is still possible to measure the impact arm vibration
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vibration 
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20 μm 20 μm 
impact arm 
Figure 4.7: Characterization of the coupled mechanical oscillators — mea-
suring the impact arm in-plane vibration amplitude: (a) off-state
(ultrasonic source is off); (b) on-state (ultrasonic source is on)
amplitude. By taking on-state images every time the operating conditions
change (i.e. during the frequency sweep or the change of transmitter driving
voltage), it is possible to analyse how does the vibration amplitude depend
on a certain driving condition or other parameters.
As seen in Fig. 4.7 (b) only the lines across the oscillator impact arm get
blurred during the operation. The lines along the arm are relatively sharp,
indicating that the vibrations are mainly in-plane and in the axial direction.
Fig. 4.8 illustrates similar set of images for the oscillator coupling beam. 
 
 
 
 
 
 
 
 
 
(a) (b) 
50 μm 50 μm 
coupling beam 
oscillator 
body 
Figure 4.8: Characterization of the coupled mechanical oscillators — defor-
mation of the oscillator coupling beam: (a) off-state (ultrasonic
source is off); (b) on-state (ultrasonic source is on)
Fig. 4.7 and Fig. 4.8 indicate that under ultrasonic excitation at the fre-
quency near 200 kHz the oscillator vibration corresponds to the in-plane
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motion of the impact arm. This agrees well with the previously discussed
first resonance mode of the system (Fig. 2.20 of Chapter 2).
As previously mentioned in Section 3.1.1 of Chapter 3, two batches of
experimental samples with resonance frequencies (estimated) of 210.2 kHz
(referred to below as “batch1”) and 201.7 kHz (“batch2”) were fabricated.
Such a discrepancy is attributed to inconsistencies in the vapour HF etch
process across different runs. Samples from both batches were experimen-
tally studied in order to compare their resonance frequencies as well as the
performance (i.e. impact arm vibration amplitude).
In summary, to examine coupled mechanical oscillators under various
conditions, the following experiments were performed:
1. sweeping transmitter operating frequency;
2. changing transmitter driving voltage;
3. comparing different samples from the same fabrication batch;
4. changing the source–receiver separation;
5. changing the source–receiver lateral and angular misalignment;
6. comparing samples from different fabrication batches.
All the experimental series were conducted with other parameters fixed.
For example, in Fig. 4.7 the ultrasonic source was located at nearly 0 mm
separation (but with no physical contact) and driven by an 18 Vp-p sinewave
voltage. The frequency was swept in the range of 180–200 kHz and the
on-state image taken at 190 kHz. Under these conditions the vibration
amplitude was 9.9 µm.
In the next sections the following experimental results will be discussed.
First, samples from the “batch1” will be analysed under various driving
conditions and compared to each other (experiments 1–3 from the above
mentioned summary list). Next, one sample from the “batch2” will be ex-
amined in order to address issues related to the biomedical application of the
system, i.e. how the source–receiver separation and their misalignment af-
fect the overall performance (experiments 4–5). In addition, acoustic power
level requirements that have to be met in order to avoid adverse bioeffects
and tissue damage will be estimated and discussed. Finally, samples from
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two different batches (experiment 6) will be compared to study how the
fabrication inconsistencies affect the system parameters.
4.2.3 Studying driving conditions and comparing samples
from the same batch
The experimental results presented in this section were obtained for samples
from the “batch1”.
Fig. 4.9 illustrates the frequency response (in-plane vibration of the im-
pact arm) of one of the oscillator samples (referred to below as “oscillator1”)
at various driving voltages across the ultrasonic transducer and nearly 0 mm
separation.
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Figure 4.9: Frequency response of the “oscillator1” sample (in-plane vibra-
tion of the impact arm) at various transmitter driving voltages
and separation 0 mm (return loops for the cases of 14 Vp-p and
18 Vp-p are not shown)
As seen in Fig. 4.9, the system experiences nonlinear behaviour which
is shown schematically in Fig. 4.10. The cutoff (fc) and the return (fr)
frequencies depend on the operating conditions, and their values for Fig. 4.9
along with corresponding amplitudes are summarized in Table 4.1.
Such a response is most likely attributed to large amplitude deformations
in the coupling beam structure (with the 9.9 µm amplitude constituting
roughly 10% of the length of the coupling beam spring, Appendix A.2).
A response similar to the one in Fig. 4.10 can be obtained by solving the
equation of motion of a damped Duffing oscillator [119,167]:
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Figure 4.10: Frequency response of the coupled mechanical oscillator (in-
plane vibration of the impact arm) — nonlinear behaviour:
there are two characteristic frequencies — the cutoff (fc) when
the oscillation amplitude drops to zero, and the return (fr)
when the system oscillations reinitiate during the negative fre-
quency sweep
Table 4.1: Frequency response of the “oscillator1” sample (in-plane vibra-
tion of the impact arm) at various transmitter driving voltages
and separation 0 mm (Fig. 4.9)
Quantity
Transmitter driving voltage
10 Vp-p 14 Vp-p 18 Vp-p
Cut-off frequency fc [kHz] 187.0 188.4 190.0
∗
Return frequency fr [kHz] 186.3 186.4 n/a
Acoustic pressure at fc [kPa]
∗∗ 6.7 9.7 12.1
Maximum amplitude [µm] 4.4 7.1 9.9∗
Return amplitude [µm] 2.6 3.2 n/a
∗Coupling mechanically broke after reaching this value
∗∗Acoustic pressure generated by ultrasonic transmitter driven by a given voltage
at a certain frequency (scaled proportionally to the data in Fig. 4.3 and Fig. 4.4)
x¨+ 2αx˙+ βx+ x3 = f(t), (4.1)
where α is the damping constant, β is the spring constant,  is the nonlin-
earity constant (0 ≤   1, with  = 0 resulting in a linear system), and
f(t) is the external driving force.
The observed hysteresis makes the comparison of experimental results
with simulated ones difficult. In order to do this, more accurate models
have to be developed, e.g. with large displacement nonlinear analysis. The
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latter is a challenging task considering the complicated damping mechanisms
in the system (e.g. membrane exposed to air from the inner side and water
from the outer) and will be addressed in the future research.
One can see that at higher driving voltages nonlinear behaviour becomes
more pronounced: the cutoff frequency and its corresponding maximum
amplitude significantly increase. In contrary, the return frequency stays al-
most the same. As Table 4.1 indicates, at 18 Vp-p and 190 kHz the coupling
element broke mechanically, making the hysteresis return loop impossible
to investigate. It is therefore important to ensure that the structure is
mechanically robust and able to withstand high deformations. The most
straightforward solution is to limit the operating frequency to the range
below the cutoff frequency. In addition, analysing the torsional stress on
the coupling element and optimizing its geometry (e.g. making it round in-
stead of rectangular to reduce stress at the edges) can increase the structure
robustness.
The measured vibration amplitude of 9.9 µm at transmitter driving volt-
age of 18 Vp-p (“oscillator1” sample, Fig. 4.9 and Table 4.1) was the maxi-
mum value observed exceeding which the coupling elements broke, rendering
the device nonfunctional. The highest vibration amplitudes of other sam-
ples were 9.7 µm (“oscillator2”) and 9.6 µm (“oscillator3”). Therefore, the
latest design of the coupled mechanical oscillator allows having vibration
amplitudes in the range of 9.6–9.9 µm.
Despite the observed nonlinear behaviour, making its comparison to sim-
ulation results difficult, it is possible to see than the experimental results
(vibration amplitudes in the range of 9.6–9.9 µm) are within roughly a fac-
tor of two of those predicted numerically (5.1 µm reducing to 4.2 µm due
to reflections). This shows that the trends predicted by simulations are
indicative of the real behaviour of the coupled mechanical oscillator.
Since nonlinear behaviour is more pronounced at higher driving voltages,
it is expected that reducing the latter can result in a linear (though weaker)
system response. However, as Fig. 4.9 indicates, at transmitter driving volt-
age as low as 10 Vp-p the system still experiences nonlinear behaviour. This
indicates that large amplitude deformations might not be the only reason
for the observed response, and other factors have to be taken into account
as well. One of them might be nonlinear behaviour of the stiffness of the
membrane–oscillator coupling, which in turn can be caused by high me-
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chanical stresses induced during the fabrication [161]. Reducing the voltage
further is associated with difficulties in measuring the vibration amplitude
and obtaining accurate and reproducible results. This will be addressed in
the future research.
Considering an acoustically thin membrane not loaded mechanically, its
maximum vibration amplitude (in the centre) can be roughly estimated by
calculating the local particle displacement in a longitudinal compressional
(acoustic) wave. It is [135]:
x0 =
u0
f
=
p0
z0f
, (4.2)
where x0 is the particle displacement in the medium, u0 its speed, f the op-
erating frequency, p0 the acoustic pressure, and z0 the characteristic acoustic
impedance (eq. (2.2) of Chapter 2).
At nearly 0 mm separation the ultrasonic source driven by 18 Vp-p at
190 kHz generates an acoustic pressure of 12.1 kPa (Table 4.1). Substi-
tuting these values into eq. (4.2) and assuming soft human tissue with no
reflection at the receiver gives the maximum amplitude of free membrane de-
flection x0 = 0.04 µm. Therefore, the proposed system provides a mechani-
cal amplification (ratio of the impact arm in-plane to the membrane normal
vibration amplitude) in the range of 240–250×. For a coupled mechanical
system (membrane loaded to an oscillator body), this value is expected to
be even higher.
Fig. 4.11 shows how the maximum vibration amplitude of the “oscilla-
tor2” sample changes with transmitter driving voltage at various operating
frequencies. One would expect the amplitude to scale proportionally to the
driving voltage (as does the acoustic pressure). However, due to the nonlin-
ear system behaviour this is not the case: at 185 kHz a twofold increase of
driving voltage (10 Vp-p to 20 Vp-p) corresponds only to 1.1× increase of the
vibration amplitude (4.2 µm to 4.6 µm). As seen in Fig. 4.11, this behaviour
does not appear to depend on the operating frequency (the inclination of
the approximation lines is almost the same for all cases).
Fig. 4.12 illustrates how the cutoff frequency and the maximum vibration
amplitude change with the driving voltage for various samples from the
same fabrication batch. Missing data points for the “oscillator2” sample
indicate that for a certain driving voltage the frequency was not swept high
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Figure 4.11: Maximum vibration amplitude at various operating frequencies
of the “oscillator2” sample
enough to reach the cutoff value. This was done in order to prevent the
mechanical coupling from breaking and keep the sample functional.
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Figure 4.12: Cutoff frequency and maximum vibration amplitude of three
different oscillator samples from the same batch
As seen in Fig. 4.12, the cutoff frequencies for three different samples from
the same batch are different. The highest measured frequency deviation
is 3.2 kHz between the “oscillator1” and “oscillator2” samples and it is
observed at transmitter driving voltage of 16 Vp-p. Frequency responses of
the same samples at this voltage are illustrated in Fig. 4.13.
As Fig. 4.13 indicates, the frequency responses are not equal and are
shifted relative to each other. At the driving voltage of 16 Vp-p the vibration
amplitude of the “oscillator1” (9.2 µm) is nearly twofold higher than that
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Figure 4.13: Frequency responses of three different oscillator samples (in-
plane vibration of the impact arm) from the same batch at
transmitter driving voltage 16 Vp-p and separation 0 mm (re-
turn loops are not shown)
of the “oscillator3” (5.1 µm). Therefore, the resulting vibratory impacts
of these samples will be unbalanced, which is highly undesirable as this
will force the slider to move laterally or wobble. The problem gets even
more complicated because of the nonlinear system behaviour, making it
impossible to find a centre frequency in the responses where the vibration
amplitudes are equal (Section 2.3.3 of Chapter 2).
The most likely reason for such a strong discrepancy in frequency values
is fabrication inconsistencies, in particular during the microstructure release
step (Section 3.1.1 of Chapter 3). The observed behaviour clearly indicates
that the results are sensitive to process variations and even slight external
disturbances may have significant impact on them. What remains unclear
is why the samples processed during exactly the same fabrication steps have
so high frequency deviation. This will be addressed in the future research.
As for the discrepancy in the vibration amplitude, this is most likely due
to the imperfections in the test setup. As already mentioned, the water tank
used in the experiments is a standard 240 mm × 165 mm × 90 mm plastic
storage box; with no acoustic lining this makes it prone to wall reflections.
This in turn can lead to formation of standing waves and acoustic pressure
fluctuations.
In addition, severe problems might be caused by cavitation which is for-
mation or activation of gas bubbles in the ultrasonic beam [168]. These eas-
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ily adhere to the surfaces of the transmitter and the device holder and can
be trapped by membrane cavities, resulting in wave scattering and hence
strongly attenuating the signal. Although a special technique to prevent
membrane cavities from trapping the air (by applying a grease directly to
them) was developed, this might be enough only to suppress bubble forma-
tion in the initial stage (when submerging the holder into the water). As
the experiment continues, more air gets gradually absorbed, which further
complicates the problem.
A soft brush dipped in IPA (isopropyl alcohol) was used to remove the
bubbles from the surfaces. However, as the holder with the device under
test is facing downward (Fig. 4.5), some residual trapped bubbles may be
inaccessible. This in turn can result in incorrect measurements and lack of
reproducibility which can be reduced by using degassed water [168]. The
latter requires specialized tools which is currently beyond the capability of
the laboratory equipment used. This problem as well as the challenge of
building a larger test tank will be addressed in the future research.
The system performance at higher source–receiver separations was tested
as well. The oscillators (from another batch) demonstrated successful oper-
ation at separations up to 30 mm, showing the suitability of the ultrasoni-
cally powered actuation for devices that are small (the receiving membrane
is 0.5 mm2) compared to the separation. This will be discussed in more
detail in the next section.
4.2.4 Studying source–receiver separation and misalignment
The experimental results presented in this section were obtained for one
single oscillator sample from the “batch2”.
As a first step, the system frequency response (in-plane vibration of the
impact arm) was analysed at various driving voltages across the ultrasonic
transmitter (Fig. 4.14). Note that during this experiment the source–
receiver separation was 5 mm (corresponding to the maximum acoustic
pressure, Fig. 4.4), unlike for the samples from the “batch1”. A detailed
comparison of the two batches will be performed in the next section.
As seen in Fig. 4.14, the system experiences similar nonlinear behaviour
as previously reported. The characteristic frequencies and other parameters
are summarized in Table 4.2.
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Figure 4.14: Frequency response of the oscillator sample (in-plane vibration
of the impact arm) at various transmitter driving voltages and
separation 5 mm
Table 4.2: Frequency response of the oscillator sample (in-plane vibration
of the impact arm) at various transmitter driving voltages and
separation 5 mm (Fig. 4.14)
Quantity
Transmitter driving voltage
16 Vp-p 20 Vp-p
Cut-off frequency fc [kHz] 171.2 171.9
Return frequency fr [kHz] 170.6 170.7
Acoustic pressure at fc [kPa]
∗ 10.9 13.6
Maximum amplitude [µm] 4.9 7.1
Return amplitude [µm] 3.5 3.9
∗Acoustic pressure generated by ultrasonic transmitter driven by a given voltage
at a certain frequency (scaled proportionally to the data in Fig. 4.3 and Fig. 4.4)
As previously discussed in Chapter 1, knowing the exact location and ori-
entation of the ultrasonic receiver inside the human body is critical, as its
misalignment with the energy source can reduce the system performance or
even render it nonfunctional. Lateral shift by up to a third of source–receiver
dimensions (considering them equal) can result in up to 70% efficiency re-
duction [89], while angular misalignment by as little as 5◦ can lead to more
than 90% energy loss [85].
To address these issues, several experiments were performed in order to
study the dependence of the system performance on the lateral and an-
gular source–receiver misalignment as well as to study how the vibration
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amplitude decays with distance (deeper implantation sites).
Fig. 4.15 shows how the maximum vibration amplitude varies with the
source–receiver separation at various transmitter driving voltages. The
strongest response at 5 mm separation (7.1 µm at 20 Vp-p and 4.9 µm at
16 Vp-p) is attributed to the natural focusing of the ultrasonic source. The
gradual decay of the vibration amplitude (to 3.2 µm at 20 Vp-p and 2.6 µm
at 16 Vp-p, both at 30 mm separation) is due to the spherical spreading in
the far-field region [138].
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Figure 4.15: Maximum vibration amplitude of the oscillator sample at var-
ious source–receiver separations and transmitter driving volt-
ages
As the results in Fig. 4.15 indicate, increasing the separation from 5 mm
to 30 mm reduces the vibration amplitude more than twofold at transmitter
driving voltage of 20 Vp-p (from 7.1 µm to 3.2 µm).
It is important to note that all the results were obtained in DI water,
while in the real environment (e.g. soft human tissue) the performance
will reduce even further due to the increased attenuation (0.9 dB/cm·MHz
for soft tissue vs. 0.002 dB/cm·MHz for water [95]). Studying the system
behaviour in more realistic conditions (using biological phantoms or animal
tissue as propagating medium) will be performed in the future research.
In a real environment the energy source and the receiver might not be
always perfectly aligned with each other. It is therefore crucial to examine
the system behaviour under various misalignment conditions. One of these
is inclination of the transmitter surface against the receiver. Fig. 4.16 il-
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lustrates the maximum vibration amplitude as a function of the source tilt
angle at various source–receiver separations and transmitter driving voltage
of 20 Vp-p.
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Figure 4.16: Maximum vibration amplitude of the oscillator sample at vari-
ous source tilt angles and source–receiver separations at trans-
mitter driving voltage of 20 Vp-p
Therefore, as the transmitter surface inclines away from perfect alignment
with the receiver, the oscillator vibration amplitude decreases (nearly three-
fold at 5 mm separation: from 7.1 µm at 0◦ to 2.5 µm at 30◦). However, this
does not happen as rapidly as might be expected (e.g. in [85] inclination by
as small as 5◦ resulted in more than 90% energy loss).
One of the reasons for such behaviour is the significantly lower transmitter
operating frequency (200 kHz in the present case vs. 840 kHz in [85]),
making it much less directional and therefore less dependent on angular
misalignment. Another reason is most likely the imperfections in the test
setup. The absence of acoustic lining on the tank walls makes it susceptible
to wall reflections, which most likely explains excessive amplitude values in
Fig. 4.16 at tilt angles in the range of 5–20◦.
Another misalignment effect that might occur is the source–receiver lat-
eral shift. It was examined how the vibration amplitude of the oscillator
sample varies as the ultrasonic transducer moves sideways against the re-
ceiver (Fig. 4.17).
As Fig. 4.17 shows, the energy flow to the receiver stopped completely
(0 µm amplitude) when the source laterally shifted by 9 mm. This is slightly
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Figure 4.17: Maximum vibration amplitude of the oscillator sample as the
source laterally shifts against the receiver at various source–
receiver separations at transmitter driving voltage of 20 Vp-p
less than the diameter of the transmitter active element (11.3 mm) and re-
sembles the behaviour observed in [85] (where the energy flow stopped when
the transducer 30 mm in diameter moved by 19.5 mm). Such a discrepancy
is attributed to the fact that the receiver is much smaller than the source
as well as the above mentioned wall reflections in the test tank.
The obtained experimental results clearly indicate that source–receiver
misalignment can severely affect the performance of the receiver, making it
completely nonfunctional in some cases. This can be improved by adjust-
ing the system operating frequency; however one should bear in mind the
trade-off between attenuation losses, diffraction losses as well as maximum
attainable source–receiver separation [89].
Since in real biomedical applications the proposed system is intended
to be driven by ultrasonic energy transfer through the human tissue, it is
important to restrict the tissue acoustic exposure levels within safe limits
in order to avoid such adverse bioeffects as mechanical damage. According
to the U.S. Food and Drug Administration, the Mechanical Index (MI =
p−/
√
f , where p− is the peak negative pressure of ultrasonic wave in MPa
and f is the frequency in MHz [169]) should not exceed 1.9 [170].
The ultrasonic transmitter when driven by a 195.5 kHz, 20 Vp-p sinewave
voltage generates acoustic pressure of 14.8 kPa at 5 mm separation. This
gives MI = 0.03 which is far below the safety limits. The instantaneous
acoustic intensity of the transmitter is [168]: I = p2/z0 = 13.4 mW/cm
2,
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where z0 is the characteristic acoustic impedance (eq. (2.2) of Chapter 2).
In the next section the experimental sample studied here will be compared
to samples from a different batch in order to study how the fabrication
inconsistencies affect the system performance.
4.2.5 Comparing samples from different batches
As already discussed, similar samples from the same fabrication batch demon-
strated significantly different behaviour (i.e. vibration amplitudes and cutoff
frequencies). This has been attributed to inconsistencies in their fabrication
process (i.e. the microstructure release step) as well as the imperfections
in the test setup (acoustic pressure fluctuations caused by air bubbles). In
this section, samples from different batches are compared.
Fig. 4.18 illustrates the frequency responses of two samples (“oscillator3”
from the “batch1” and the only tested sample from the “batch2”) at various
transmitter driving voltages and separation 0 mm.
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Figure 4.18: Frequency responses of two different oscillator samples (in-
plane vibration of the impact arm) from different batches at
various transmitter driving voltages and separation 0 mm: the
oscillator sample from the “batch1” is the “oscillator3” (return
loops are not shown)
As seen in Fig. 4.18 the results differ significantly. At transmitter driving
voltage of 16 Vp-p the discrepancy in vibration amplitudes is nearly twofold
(5.1 µm for the “batch1” vs. 2.6 µm for the “batch2”). However, this
reduces to nearly 1.6× at 20 Vp-p (7.8 µm for the “batch1” vs. 4.8 µm for
the “batch2”). It is important to note that the examined oscillator sample
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from the “batch1” was the “oscillator3” which demonstrated previously the
lowest vibration amplitude among the batch (Fig. 4.13). Therefore, on
average the performance discrepancy might be even stronger.
Nevertheless, promising results are obtained when taking into account the
fact that during the fabrication of the “batch2” the membranes were severely
overetched (thinned from designed 15 µm down to 9 µm, Fig. 3.10 (a) of
Chapter 3). The smaller membrane thickness was plugged into the devel-
oped FEM model and the frequency response was recalculated (Fig. 4.19).
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Figure 4.19: Simulated frequency response of the coupled mechanical oscil-
lator with membrane thickness reduced from 15 µm to 9 µm
(all other parameters are as of Fig. 2.24 of Chapter 2) — the
maximum impact arm in-plane and the average membrane nor-
mal vibration displacement amplitudes
As seen in Fig. 4.19, the main operating frequency slightly reduced (from
200 kHz to 198.6 kHz). In addition, a thinner membrane allows convert-
ing more incoming ultrasonic energy into oscillator vibrations (due to the
reduced stiffness), resulting in higher impact arm in-plane vibration ampli-
tude. Thus, reducing the membrane thickness from 15 µm to 9 µm increased
the latter by 7.5 times (to 38.3 µm from previously calculated 5.1 µm). How-
ever, the membrane amplitude increased as well (by 40 times: to 0.8 µm
from previously calculated 0.02 µm). Recalculating the value of the system
mechanical impedance (eq. (2.22) of Chapter 2) gives:
ZM3 = 7 · 10−3 kg/s. (4.3)
Using this and the previously calculated value of the specific acoustic
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impedance of the receiving membrane (0.2 kg/s, eq. (2.21) of Chapter 2)
gives the following pressure reflection coefficient:
R3 =
ZM3 − ZA
ZM3 + ZA
= −0.93. (4.4)
Therefore, the power reflection coefficient RΠ3 is:
RΠ3 = |R23| = 0.86. (4.5)
This makes 86% of the incoming acoustic energy reflect back to the
source, reducing the effective displacement amplitude to 2.7 µm which is
smaller than the previously calculated 4.2 µm for a 15 µm thick membrane
(Section 2.2.4 of Chapter 2). This clearly explains the difference in vibration
amplitudes observed in Fig. 4.18.
As for the discrepancy in the cutoff frequencies, the thinner membrane
makes only a small contribution to it (a shift of only 1.4 kHz, from 200 kHz
to 198.6 kHz). The main reason in the result deviation is the etch profile.
As already discussed, the estimated resonance frequencies of the samples in
the “batch1” and the “batch2” are 210.2 kHz and 201.7 kHz respectively.
This gives the difference of 8.5 kHz which is nearly twofold smaller than
that experimentally observed (17.4 kHz at 20 Vp-p, Fig. 4.18). However, it
is important to note that the estimated values are calculated assuming the
linear frequency response of the system (unlike nonlinear which was experi-
mentally observed) with both membrane surfaces exposed to air (unlike real
water–air load).
To summarize, the observed discrepancy in experimental behaviour of
samples from the same as well as different fabrication batches clearly indi-
cates that there are several factors affecting the results. As previously men-
tioned, these include inconsistencies in the fabrication process (the steps of
revealing the membranes and the microstructure release) and imperfections
in the test setup (wall reflections and formation of air bubbles). Some can
be eliminated rather straightforwardly (e.g. avoiding air bubbles by us-
ing degassed water), while others require considerable effort (e.g. reducing
frequency deviation by improving the reproducibility of the release step).
These challenges will be addressed in the future research.
In the next section the first experimental results of the proposed stepper
microactuator driven through oblique mechanical impact will be discussed.
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4.3 Stepper microactuators
As already discussed, the first prototype of the stepper microactuator is not
connected to any load (medical device) as it is designed only to prove the
concept of ultrasonically driven mechanical actuation. In order to facilitate
its characterization without complicating the design, a mechanical latch
was developed which should trigger after the slider travels 10 µm. Fig. 4.20
illustrates bigger version of the same latch (100 µm travel range) which
was manually locked in order to test the slider suspension and the latching
mechanism.
 
 
500 μm 
oscillator 
slider suspension slider 
latch 
latch 
suspension 
support (substrate) 
release hole 
100 μm 
Figure 4.20: Mechanical latch (manually locked with a needle) used to fa-
cilitate characterization of the slider motion
As seen in Fig. 4.20, the slider suspension is soft enough to lock the latch
without breaking. However, as the experiments showed, the suspension of
the latch itself is relatively stiff and easily breaks when trying to release
with a needle. In fact, none of the mechanisms could be unlocked, which
indicates that much softer springs should be designed. This problem will be
resolved in a future prototype.
The first prototype of the stepper microactuator was designed taking into
account previously calculated values of the impact arm vibration amplitude
(5.1 µm reducing to 4.2 µm due to reflections, Section 2.2.4 of Chapter 2).
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Therefore, several configurations with the impact arm–slider gaps of 2 µm,
3 µm, 5 µm, 7 µm, and 10 µm (all with the impact angle of 45◦) were
designed and implemented.
Three samples with the gaps 2 µm, 3 µm, and 10 µm were experimen-
tally tested. Fig. 4.21 illustrates the 3 µm gap sample before and after an
impact. When the impact arm collided with the slider, its vibrations sud-
denly stopped with no changes in the slider position detected. Such sudden
stops were previously observed during the characterization of the coupled
mechanical oscillators. They happen at the cutoff frequency (fc, Fig. 4.9)
and indicate that the maximum amplitude is reached (for a certain trans-
mitter driving voltage) or that the coupling element is broken. In order to
reinitiate the impact arm vibrations, the frequency has to be swept down
to the return value (fr). However, in this particular case doing so did not
reinitiate the oscillations, indicating that the coupling elements were broken.
This is clearly seen in Fig. 4.22.
 
 
(a) (b) Si debris 
after impact 
10 μm 
slider 
impact arm 
10 μm 
Figure 4.21: Experimental studies of oblique mechanical impact: (a) the
system before an impact; the impact arm–slider gap is 3 µm
and the impact angle is 45◦; (b) the system after an impact;
the parts are partially damaged (Si debris formed)
The behaviour observed in Fig. 4.22 is the extreme case. In most of
the experiments the coupling beam structure remained in place with only
the coupling elements broken (making no connection between the mem-
brane and the oscillator) which is impossible to observe visually. Therefore,
Fig. 4.22 provides valuable information as in this case the vibration stop
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Figure 4.22: Experimental studies of oblique mechanical impact: coupling
beam structure broken after an impact
can be attributed solely to the mechanical damage (and not to air bubbles,
reflections or other setup imperfections).
The observed mechanical damage to the oscillator and the zero slider
motion are most likely attributed to several factors. First, in the tested
sample (3 µm gap) there was only one working oscillator, which reduced the
amount of energy transferred during an impact (Section 2.3.3 of Chapter 2).
Another reason is that the slider effective mass is more than fivefold larger
than that of the oscillator (Section 2.3.3 of Chapter 2). This in turn strongly
reduces the increment of the slider velocity after an impact (eq. (2.52) of
Chapter 2).
The large mass difference of the colliding bodies makes the oscillator to
“bounce” off the slider surface, which may lead to its mechanical dam-
age (Fig. 4.22). This also explains a lot of debris formed after an impact
(Fig. 4.21 (b)). The latter can be avoided by using polysilicon material
which has higher toughness as opposed to single-crystal silicon [149].
Therefore, in order to obtain effective impact actuation, the mass differ-
ence between the impact arm and the slider has to be reduced. This can
be achieved by reducing the slider mass together with its stiffness (to com-
pensate the change in its resonance frequency). The latter in turn can be
realised by reducing the number of parallel suspensions or making springs
in a serpentine configuration [147].
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Another important problem is to find an optimal value of the impact
angle which defines the ratio between the tangential and the normal impulse
components generated during a collision (Section 2.3.3 of Chapter 2). As
already discussed, the first prototype was implemented with the angle of 45◦
to balance these components. However, mechanical damage to the oscillator
(Fig. 4.22) clearly indicates that the normal component was too high, and in
order to reduce it, smaller angles should be considered. Special care should
be taken as too small values can result in the impact arm slipping over the
slider sidewall without transferring energy to it. This will be addressed in
the future research.
Finally, the initial gap between the impact arm and the slider is another
important parameter which affects the overall impact dynamics. As already
discussed, a smaller gap is more desirable for maximum energy transfer
between colliding bodies (Section 2.3.3 of Chapter 2). The 2 µm gap sample
was experimentally tested, but no slider motion was observed. However,
after an impact the coupling was not damaged and the sample remained
functional. This indicates that too small gaps limit the arm motion and
prevent it from acquiring enough momentum to move the slider (or break
as in the case of the 3 µm gap sample).
The final available sample from the fabricated batch was the one with
the impact arm–slider gap of 10 µm. However, this was too large a gap for
an impact as the oscillators could not demonstrate amplitudes higher than
9.6–9.9 µm (Section 4.2.3). Therefore, the most favourable configurations
to test are the ones with the gaps of 5 µm and 7 µm. However, increasing
the gap on its own might be not enough to reduce the amount of energy
transferred during an impact (and hence avoid the oscillator mechanical
damage) and additional measures (as mentioned above) might be required.
4.4 Chapter summary
Summarized below are the main points on the experimental characterization
of the ultrasonically powered actuation discussed in this chapter.
As a first step experimental characterization of the source of ultrasonic
energy was performed. Its measured frequency response when driven by a
20 Vp-p sinewave voltage at 5 mm distance from the hydrophone revealed
two main resonance peaks: 195.5 kHz (acoustic pressure of 14.8 kPa, main
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radial mode) and 1.1 MHz (29.7 kPa, thickness extensional mode). Mea-
sured 2D pressure profile showed that the best location of the receiver lies
on the transmitter acoustic axis within 5 mm of its radiating surface.
Studying the fabricated samples experimentally, nonlinear frequency re-
sponse of the coupled mechanical oscillators has been revealed. This is most
likely caused by large amplitude deformations in the coupling beam struc-
ture. The examined samples were powered by the ultrasonic transmitter
at various driving voltages (10–20 Vp-p) and separations (0–30 mm). The
operating frequency was swept in the range of 170–200 kHz.
The maximum measured value of the impact arm in-plane vibration am-
plitude was 9.9 µm at transmitter driving voltage of 18 Vp-p and separation
0 mm. Other samples demonstrated smaller amplitudes, resulting in the vi-
bration amplitudes in the range of 9.6–9.9 µm. This provided a mechanical
amplification with respect to the membrane in the range of 240–250×. The
obtained experimental results are within roughly a factor of two of those
predicted numerically (vibration amplitude of 5.1 µm reducing to 4.2 µm
due to reflections). This shows that the trends predicted by simulations are
indicative of the real behaviour of the coupled mechanical oscillator.
Experimental comparison of three different oscillator samples from the
same fabrication batch revealed strong discrepancy in their performance
(peak frequencies and vibration amplitudes). This would result in unbal-
anced vibratory impacts forcing the slider to move laterally or wobble. Pos-
sible reasons for such a behaviour have been discussed; they have been at-
tributed to fabrication inconsistencies, imperfections in the test setup, and
cavitation. The ways of solving these problems have been analysed and the
challenges to address in the future research have been defined.
By comparing samples from different fabrication batches, it has been
found that the system performance (i.e. vibration amplitude) strongly de-
pends on the membrane thickness. It defines the mechanical impedance of
the system as well as the conversion efficiency (from the membrane normal
to the impact arm in-plane motion).
The system performance was also tested at higher source–receiver sepa-
rations. Driven by the ultrasonic source at 20 Vp-p sinewave voltage, the
oscillators from another fabrication batch demonstrated the maximum vi-
bration amplitude of 7.1 µm at 5 mm separation. Successful operation was
obtained at separations up to 30 mm (with reduced amplitude of 3.2 µm),
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showing the suitability of the technique for implants that are small (the
receiving membrane is 0.5 mm2) compared to the separation.
The dependence of the system performance on lateral and angular source–
receiver misalignment has also been analysed. As the transducer surface
inclined from 0◦ to 30◦, the vibration amplitude decreased from 7.1 µm to
2.5 µm at 5 mm separation. When the ultrasonic source moved 9 mm side-
ways against the receiver, the energy flow to the latter stopped completely.
The Mechanical Index has been calculated (MI = 0.03), indicating that
the tissue acoustic exposure levels would lie well within safety regulation lim-
its if used in a real environment (human tissue). The instantaneous acoustic
intensity of the ultrasonic transmitter was measured, being 13.4 mW/cm2
when driven by a 195.5 kHz, 20 Vp-p sinewave voltage.
The characterization of first experimental samples of the stepper microac-
tuator was not yet successful. The stepper microactuators were driven
through oblique (45◦ angle) mechanical impact with various impact arm–
slider gaps (2 µm, 3 µm, and 10 µm).
For the 3 µm gap sample, the oscillator coupling beam was damaged with
a lot of silicon debris formed after an impact. This has been attributed to
the large difference in the effective masses of the oscillator and the slider as
well as too high normal impulse component generated during a collision.
The 2 µm gap microactuator sample was experimentally tested, but no
slider motion was observed. However, unlike for the 3 µm gap the coupling
was not damaged after an impact. The conclusion has been drawn that
too small gaps limit the arm motion and prevent it from acquiring enough
momentum to move the slider (or break).
The experimental studies of the 10 µm gap sample revealed no slider
motion either, since the oscillators could not demonstrate amplitudes higher
than 9.6–9.9 µm. The conclusion has been drawn that the most favourable
configurations to test are the ones with the gaps of 5 µm and 7 µm.
Finally, possible ways of obtaining effective impact actuation by reducing
the slider mass, its stiffness as well as finding an optimal value of the impact
angle have been discussed. This defined challenges that have to be solved
in the future research.
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5.1 Thesis summary
In this thesis a novel approach to delivering wireless power to remote im-
plantable medical devices has been presented. With higher energy budgets
such devices could extent their functionality from purely diagnostic to ther-
apeutic, and perform such operations as implant mechanical adjustment,
drug release or microsurgery. The method is based on ultrasonic power de-
livery, the novelty being that actuation is powered by ultrasound directly
rather than via electrical form.
In Chapter 1 of the thesis the main challenges in creating miniature, safe,
and yet efficient power sources for implantable medical devices with ther-
apeutic functions have been described. Existing and emerging powering
techniques, including batteries, energy harvesting, wireless power delivery,
and direct wireless actuation, have been reviewed and compared in terms
of their applicability in miniature medical devices deeply implanted into
the human body. Based on the stated requirements, direct wireless actu-
ation through ultrasonic excitation has been chosen as the most suitable.
To perform therapeutic functions, a stepper microactuator driven remotely
by ultrasonic waves has been presented. Its operating principle has been
described, and the technology selection has been justified.
Chapter 2 of the thesis focused on the design and the modelling of step-
per microactuators driven by ultrasonic energy transfer. Analytical and
numerical models of ultrasonic power delivery into the human body have
been developed with the aim of analysing such important parameters as the
acoustic radiation pressure exerted on remote receivers. The chapter then
described the main part of the presented system of ultrasonically powered
therapeutic actuation — the coupled mechanical oscillator. Major design
challenges that had to be solved in order to obtain acceptable performance
at a specified frequency and with minimum wave reflections have been dis-
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cussed. The chapter then described the second part of the system — the
stepper microactuator. Its operating principles have been discussed along
with the main design parameters that directly affect the system behaviour.
Finally, the results of the preliminary simulation have been analysed.
Chapter 3 of the thesis described the process flow of stepper microactuator
fabrication. This included layout design on the level of a single die as well
as the level of the whole wafer. In addition, the chapter presented the
detailed flow with description of intermediate steps and results as well as
fabrication challenges, quality control, alternative techniques, and process
optimization. The most important steps were discussed in more detail along
with the physical processes behind them.
Chapter 4 of the thesis was dedicated to the experimental characteriza-
tion of the ultrasonically powered mechanical actuator. It started with the
characterization of the source of ultrasonic energy. Then, the results of
experimental studies of ultrasonically driven coupled mechanical oscillators
under various driving conditions have been presented and discussed. Differ-
ent samples from the same as well as different fabrication batches have been
compared. The chapter then presented the first experimental results of the
stepper microactuators. Finally, important conclusions on optimisation of
the system design and the test setup have been drawn.
Overall, this thesis has demonstrated the concept of ultrasonically pow-
ered mechanical actuation to work. A novel approach of driving a coupled
mechanical oscillator directly though acoustic wave excitation was devel-
oped and successful experimental results were obtained.
As the results showed, the coupled mechanical oscillators exhibited hys-
teretic response due to large amplitude deformations in the coupling beam
structure. The examined samples were powered by the ultrasonic trans-
mitter at various separations (0–30 mm) and driving voltages (10–20 Vp-p).
The operating frequency was swept in the range of 180–200 kHz. The sam-
ples successfully demonstrated maximum vibration amplitudes in the range
of 9.6–9.9 µm, giving mechanical amplification in the range of 240–250×.
Successful operation was obtained at separations up to 30 mm, showing the
suitability of the technique for implants that are small (0.5 mm2 receiving
membrane) compared to their depth.
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5.2 Discussion
To the best of the author’s knowledge, the concept of ultrasonically driven
micromechanical actuation described in this thesis has not been proposed
before. Using the mechanical energy of ultrasound directly for performing
useful motion makes on-board generation and storage of electrical energy
as well as its conversion between various forms (i.e. mechanical to electrical
and then back to mechanical for the therapeutic actuation), unnecessary.
This potentially allows building simpler, lighter, more efficient and reliable
systems.
The idea of using direct wireless actuation through ultrasound stems from
many research areas and there are at least several concepts which inspired
the development of the presented system. First of all is microrobotics,
in particular design of self-propelling mechanisms inside the human body
for biomedical applications. Methods of providing wireless power to these
systems have great potential as a replacement to traditional energy sources
such as batteries.
Not all of the devices described in the thesis are intended for medical
applications. Nevertheless, they were included as the ideas behind them
present a significant interest and can be exploited in the medical domain.
Most importantly, stationary implantable devices (that do not move dur-
ing the lifetime as opposed to mobile microrobots) can potentially perform
therapeutic functions through the same actuation methods as microrobots
use for their propulsion.
The second research area is energy harvesting, which provides the op-
portunity of having battery-less operation and essentially perpetual power.
However, despite a lot of research interest in recent years, energy harvesting
is still very limited in terms of the generated power, making it suitable only
for low-power (diagnostic) medical devices. For more energy-demanding ap-
plications, it can potentially complement an implanted battery module by
providing on-board recharging. However, to completely remove batteries,
alternative technologies are required. This was the main argument which
fostered the motivation to investigate the third area which is wireless power
delivery.
One of the most widespread and well established methods of wireless
power delivery to implanted medical devices is via inductively coupled coils.
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However this suffers from low efficiency at larger distances, in particular for
smaller receiving devices. A promising alternative to inductive coupling
is ultrasonic power delivery. As acoustic waves readily propagate through
living tissue in the human body, it has received particular attention in the
last years.
Many solutions have emerged since the first application of ultrasound in
energy transfer inside a living subject. Nevertheless, most of them are based
on the same principle, utilizing PZT materials for transmitters and receivers.
These systems are quite similar to energy harvesters, the difference being
that the energy comes from a dedicated ultrasonic source rather than from
ambient vibrations. The electromechanical conversion remains the same,
i.e. the incoming mechanical energy is converted into electrical form and
then accumulated and stored (charging a battery or a capacitor) before it
can be used by an implant.
Instead of generating electrical energy on-board, systems utilizing direct
wireless actuation can be used for applications where only mechanical mo-
tion is required (e.g. drug release, implant mechanical adjustment or micro-
surgery). However, most of these systems currently utilize magnetic inter-
actions. These have several problems that still have to be solved, including
bulky setup, fabrication of high quality microscale magnets, and long term
safety issues of permanent magnets.
On the other hand, purely mechanical systems, utilizing only a vibration
energy field for actuation, are free from the above mentioned limitations.
These receive the power required for actuation through physical contact
with a vibrating surface. Although the energy transfer is wire-free in this
case, the systems are still required to be in physical contact with the source,
making unclear their potential use in implantable medical devices.
Therefore, the above mentioned technologies are not readily available for
the application in the biomedical field. This encouraged the research and
lead to the development of a concept of ultrasonically driven actuation pre-
sented in this thesis. It inherits the key strengths of the above mentioned
concepts and potentially allows building simpler, lighter, more efficient and
reliable implantable system with biomedical functions.
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5.3 Future work
In this thesis it has been demonstrated that discrete MEMS actuators can
be powered by remote ultrasonic sources. This concept has the potential to
replace batteries as a primary energy source in order to power therapeutic
functions in implantable medical devices. Despite successfully demonstrated
operation of the core part of the presented system (coupled mechanical os-
cillator) there are many improvements and further developments needed in
order to make it more efficient, reliable, controllable as well as more func-
tional. As the second part of the system (stepper microactuator) did not
demonstrate successful operation, it requires further research and develop-
ment.
As the experimental analysis of the mechanical oscillators showed, large
deformations in the coupling beam structure result in nonlinear frequency
response of the overall system. However, other mechanisms might be rele-
vant as well, including high mechanical stresses induced during the fabrica-
tion as well as the double-beam configuration of the oscillator suspension.
To find the exact reason, these effects have to be studied separately, i.e. by
creating a single-beam structure as well as calculating mechanical stresses
in the double SOI wafer throughout the fabrication process. The latter
is an interesting and challenging task and might require using additional
equipment and techniques (e.g. micro-Raman spectroscopy).
The nonlinear behaviour significantly complicates system analysis and
comparison of experimental results with the simulated ones. One of the
parameters which is difficult to calculate in the design stage is the quality
factor. If the system is linear, the latter can be experimentally measured
by analysing its frequency response. Therefore, it is important to find exact
reasons for the revealed nonlinear behaviour and consider cases where this
can become linear.
As an alternative, it is also interesting to create more accurate models, e.g.
with large displacement nonlinear analysis as well as complicated damping
mechanism in the system (i.e. the membrane exposed to air from the inner
side and water from the outer).
In the longer term it might be beneficial to optimize the fabrication
process and consider alternatives to RIE etching techniques for revealing
the membranes. Any process inconsistencies affect the resulting membrane
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thickness and hence strongly change the mechanical impedance, conversion
efficiency (from the membrane normal to the impact arm in-plane motion)
and hence the vibration amplitude. By switching to another process (e.g.
wet of vapour HF etching), strong parameter deviation of the samples from
different fabrication batches can potentially be reduced.
To improve the reliability and the repeatability of experimental results,
the test setup can be further improved. This includes attaching highly
absorbing acoustic lining material to the tank walls in order to avoid wave
reflections and hence standing waves. This will require increasing the tank
dimensions (since the lining can be up to 3 cm thick) to keep the attainable
source–receiver separation in the same range. As the cavitation is a serious
problem, using degassed water will decrease the pressure fluctuations and
make the results more accurate.
With regard to potential biomedical applications, conducting experimen-
tal studies in more realistic environments might be required. This includes
biological phantoms, animal tissues (in vitro), and, finally, in vivo experi-
ments (after the detailed application and the requirements are specified).
The second part of the presented ultrasonically driven actuation (stepper
microactuator) requires further development. In order to obtain effective
impact actuation, the mass difference between the impact arm and the slider
has to be reduced. This can be achieved by reducing the slider mass together
with its stiffness (to compensate the change in its resonance frequency). The
latter in turn can be realised by reducing the number of parallel suspensions
or making springs in a serpentine configuration.
Another important problem is to find an optimal value of the impact
angle which defines the ratio between the tangential and the normal force
components at the contact point of two colliding bodies. Mechanical damage
to the oscillator during the experiments clearly indicates that the normal
force exerted on the impact arm is too high, and in order to reduce, it
smaller than 45◦ angles should be considered.
Once the impact actuation is experimentally tested and its frictional be-
haviour is studied, a numerical model can be used in order to optimize the
design and improve the performance. During this step it is important to
maintain the two-way interaction between the modelling and the experiment
(i.e. the model provides the optimized geometry while the experimental re-
sults define the frictional constants).
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Finally, in the later project development stage it is strongly advisable to
perform more in-depth studies on the medical side of the presented system.
Establishing collaborations with academic and industrial medical institutes
would provide valuable information on the real needs in medical sector and
clearly specify the system requirements, limitations, and applications. This
in turn would strongly affect the design and implementation of the final
prototype, the amount of energy it requires, its lifetime as well as mode of
operation.
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Appendices
A.1 Resonance frequency of a rectangular
cantilever beam with an end mass
In this section the analytical expression for the resonance frequency of a sim-
ple system consisting of a rectangular cantilever beam with a mass attached
to its end (Fig. A.1) is developed.
wlm
mass
x
z
y
tm
l
t
Figure A.1: A mass attached to the end of a rectangular cantilever beam
It is assumed that the vertical force Fz is applied to the mass centre
resulting in the cantilever bending as illustrated in Fig. A.2. To calculate
the beam deflection ∆z, consider a small section along the deformed beam
with the length L (Fig. A.3 (a)).
lm
l
y
z
mass
Fz
Figure A.2: A rectangular cantilever beam bends under a vertical force ap-
plied to a mass
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Figure A.3: Bent rectangular cantilever beam: (a) lateral section indicating
beam curvature radius; (b) beam cross-section
As the beam is bent, the material on its outer side (where the force is
applied) is stretched while the material on the inner side is compressed.
However, there will be a surface parallel to the axis of the beam which is
neither compressed or stretched (the neutral surface). This goes through
the beam centroidal axis for small and pure (if the beam is not stretched or
compressed at the same time) bending [171].
The material longitudinal extension ∆L at some arbitrary distance z from
the neutral surface can be expressed as ∆L/L = z/R, where R is the radius
of the beam curvature (Fig. A.3 (a)). Consider a small strip dS (Fig. A.3 (b))
at the same distance z from the neutral surface. According to Hooke’s law,
the force acting on a unit area in this strip is expressed as:
dF = EzdS/R, (A.1)
where E is the Young’s modulus.
Considering a pair of similar strips but located at the opposite sides of
the neutral surface, the forces acting on them will be of opposite sign. This
results in a bending moment Mz with respect to the neutral surface:
Mz =
∫
S
zdF =
E
R
Jz, (A.2)
where Jz is the axial moment of inertia of the beam. For a rectangular
cross-section, it is Jz = wt
3/12 [172].
The beam deflection along the Z-axis at the distance y from the fixed end
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is denoted by u(y). The radius of curvature of the beam for small bending
can then be expressed as 1/R(y) = d2u/dy2. Substituting this into eq. (A.2)
gives:
Mz = EJz
d2u
dy2
. (A.3)
On the other hand, Mz is the moment produced with respect to the point
y by the action of the force Fz and the beam own weight. Neglecting the
latter, this gives:
MFz = Fz
(
l +
1
2
lm − y
)
. (A.4)
Therefore,
d2u
dy2
=
Fz
EJz
(
l +
1
2
lm − y
)
. (A.5)
Integrating eq. (A.5) with boundary conditions u
∣∣∣
y=0
= 0 and
du
dy
∣∣∣
y=0
= 0
gives:
u(y) =
Fz
EJz
((
l +
1
2
lm
)
y2
2
− y
3
6
)
. (A.6)
The beam deflection is ∆z = u
(
l +
1
2
lm
)
, giving:
∆z =
Fz
3EJz
(
l +
1
2
lm
)3
. (A.7)
Rewriting eq. (A.7) in the form Fz = k∆z (Hooke’s law), where k is the
beam stiffness, gives:
Fz =
(
3EJz(
l + 12 lm
)3
)
∆z. (A.8)
Therefore, the beam stiffness k is expressed as:
k =
(
3EJz(
l + 12 lm
)3
)
. (A.9)
As the cantilever beam is fixed at one end, its deflection is not constant
along the length. When vibrating, the beam will exhibit the maximum
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velocity at its free end, and zero velocity at the fixed end. As a result,
the beam’s own mass cannot be used to accurately calculate its resonance
frequency, and the effective mass should be used instead.
To calculate the beam effective mass, consider a small beam element of
the length dy at the distance y from the fixed end. Its kinetic energy is
given by:
dEk =
u˙(τ, y)2
2
mdy
l
, (A.10)
where u(τ, y) is the displacement of the beam points at the distance y and
at the time τ , and m is the beam mass. The latter is m = ρ · lwt, where ρ
is the density of the beam material.
To avoid cumbersome integration, it is assumed that the force Fz is ap-
plied to the mass left end (at y = l). This simplifies eqs. (A.4) and (A.6)
to:
MFz = Fz (l − y) , (A.11)
u(y) =
Fz
6EJz
(3l − y)y2. (A.12)
Therefore,
u(l) =
Fzl
3
3EJz
. (A.13)
Expressing the force Fz in eqs. (A.12) and (A.13) and equating the results
gives:
6u(y)
(3l − y)y2 =
3u(l)
l3
, (A.14)
hence the beam deflection u(τ, y) can be obtained as a function of the de-
flection of the beam free end u(τ, l):
u(τ, y) =
1
2
u(τ, l)
(
3
(y
l
)2 − (y
l
)3)
. (A.15)
Substituting eq. (A.15) into eq. (A.10) and integrating over the beam
length l gives:
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Ek =
∫ l
0
u˙(τ, y)2
2
mdy
l
=
u(τ, l)2m
2l
∫ l
0
1
4
(
3
(y
l
)2 − ( y
L
)3)2
dy =
=
33
140
m
u(τ, l)2
2
. (A.16)
Rewriting eq. (A.16) in the form Ek = meff
u(τ, l)2
2
gives the following
expression for the beam effective mass:
meff =
33
140
m. (A.17)
The effective mass of the overall structure Meff is then given by:
Meff = mm +meff, with mm = ρm · lmwtm, (A.18)
where mm and ρm are the mass and the material density of the mass element
attached to the beam.
Finally, considering same material density ρ for both the beam and the
mass element, the resonance frequency of the oscillating structure illustrated
in Fig. A.1 is given by:
ω0 =
√
k
Meff
=
√
3EJz(
l + 12 lm
)3 1ρw (lmtm + 33140 lt) . (A.19)
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A.2 Geometric parameters of the coupled mechanical
oscillator
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A.3 MATLAB Simulink model to analyse impact dynamics
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A.4 DRIE etching recipes
The recipes listed below have been developed in the Optical and Semicon-
ductor Devices group (Department of Electrical and Electronic Engineering,
Imperial College London) based on a standard two-step Bosch process for
silicon etching [150].
Table A.1: “DARK 3S” recipe
Etch:Passivation step time 11:8
SF6 flow rate (etch step) 130 sccm
O2 flow rate (etch step) 13 sccm
C4F8 flow rate (passivation step) 85 sccm
Platten power (etch step) 20 W
Platten power (passivation step) 0 W
Coil power (etch and passivation steps) 600 W
Pressure (etch step) 20 mTorr
Pressure (passivation step) 13 mTorr
APC angle (etch and passivation steps) 78 %
Table A.2: “DARK 4S” recipe (based on “DARK 3S”)
same parameters as of “DARK 3S” except:
Etch:Passivation step time 16:8
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